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Histopathology plays a central role in cancer screening, surgical margin analysis, cancer
classification, and understanding disease progression. The vast majority of biopsies or
surgical excisions are examined via transmission-mode bright-field microscopy. However,
bright-field microscopy requires thin stained tissue samples as it is unable to visualize
contrast on thick tissues. Consequently, biopsies and surgically excised specimens undergo
extensive tissue processing to prepare histology slides. This tissue processing can take up
to two weeks for complex cases before a diagnosis can be presented, potentially resulting in
poorer patient outcomes. Surgical margins are commonly analyzed intraoperatively using
frozen sectional analysis. While this technique has improved patient outcomes, the quality
of frozen sections is often lower than post-operative histologic analysis. This lower quality
leads to significant variability in diagnosis. Ultimately, both frozen section analysis and
standard histologic analysis are limiting because of the need to process tissues to cater to
bright-field microscopy. It would be desirable to forego creating thin tissue sections and
instead visualize tissue morphology directly on biopsies and surgical specimens or even
directly on the patient’s body (in-situ).
Photoacoustic remote sensing (PARS™) is an emerging non-contact imaging technique.
PARS microscopy is an all-optical photoacoustic imaging modality that takes advantage
of endogenous optical absorption present within tissues to provide contrast to enable non-
contact label-free imaging. PARS has demonstrated excellent resolution and contrast in
various applications, such as in-vivo imaging, functional imaging, and deep imaging, while
operating in a reflection-mode architecture. This non-contact label-free reflection-mode
design lends itself well to imaging unprocessed tissue specimens or in-situ morphological
assessment.
Using PARS microscopy, this thesis takes preliminary steps towards an in-situ surgical
microscope. These steps take the form of developing a PARS system that can recover
contrast from DNA and visualize the resulting nuclear morphology in real-time and on
arbitrarily sized specimens. Later, this system was expanded to image additional contrasts
from hemoglobin to approach the diagnostic information provided by standard histopathol-
ogy. This research imaged a variety of human tissue types, including breast, gastrointesti-
nal, and skin. These specimens were in the form of thin unstained slides and thick tissue
blocks. The tissue blocks serve as an analog to visualization of contrast fresh tissues
and in-situ imaging. Adjacent sections of each tissue type were prepared using standard
histopathology and compared against the PARS images for experimental validation. These
results represent the first reports of imaging human tissues with a non-contact label-free
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reflection-mode modality. The author believes this research takes vital steps towards an
imaging technique that may one day reveal cancer in-situ.
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A 2019 study by the Canadian Cancer Society reported that nearly half of Canadians
are expected to be diagnosed with cancer in their lifetime [1]. Despite improvements in
cancer screening and treatment, cancer remains the leading cause of mortality in Canada,
accounting for nearly 30% of all deaths [1, 2]. Cancer represents a diverse group of diseases
with a variety of causes and treatments, but all of which exhibit abnormal cell growth.
Being a disease that directly affects cells, it is no surprise microscopic assessment of tissue
plays a central role in cancer patient management and care. Tissue resected from biopsies
is microscopically assessed to determine the initial diagnosis, cancer classification, disease
progression, and even the fundamental biology of the disease, all of which are necessary to
formulate a complete treatment plan. Surgery is the preferred treatment method for many
solid cancers due to its longstanding history for providing the best patient outcomes. The
primary goal of cancer resection surgery is to remove all cancerous cells from the body along
with a minimal margin of healthy tissue. Following cancer surgery, patients with positive
surgical margins have an increased risk of disease recurrence and are routinely required to
undergo follow-up surgery or adjuvant treatment [3, 4, 5, 6]. The gold standard for margin
analysis remains post-operative histopathological analysis. This method examines resected
tissue at a cellular scale to ensure that no cancerous cells are near the edge of the tissue.
While histopathology remains the benchmark for microscopic assessment of tissue, the
preparation of histology slides is a laborious, time consuming, and resource-intensive pro-
cess. The purpose of the histopathological workflow is to process freshly excised tissue
specimens into thin stained sections that can be examined with a conventional light mi-
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croscope. An extensive background on the histopathology workflow is provided in section
2.1. The laborious nature of histopathology can potentially lead to prolonged turnaround
time for large and complex cases. For example, for radical cancer resections, about 10%
of the cases take longer than ten days to diagnose [7]. Frozen sectioning is a commonly
used method to assess surgical margins rapidly in an intraoperative setting. However, the
process requires rapid freezing of the tissue, which can potentially introduce artifacts into
the tissue architecture, deteriorating the cellular morphology. The inferior quality of the
frozen sections can lead to challenging interpretation of the sample and makes diagnosis
challenging [8]. Ultimately, both frozen section analysis and standard histopathology are
limited because they need to process tissue into thin stained sections for bright-field mi-
croscopy. Thus, it would be desirable to move away from transmission-mode bright-field
microscopy towards a reflection-mode method. A reflection-mode method could forego
the extensive tissue processing and visualize contrast on unprocessed tissue specimens or
directly on the patient’s body (i.e. in-situ imaging). Such a method would result in a
dramatic speed-up of the morphological assessment of excised tissues and potentially lead
to improved patient outcomes.
Photoacoustic remote sensing (PARS)™ is an emerging non-contact label-free biomed-
ical imaging modality [9, 10, 11, 12]. PARS has demonstrated excellent contrast and
sub-micron resolution in imaging mouse-ear microvasculature structures in-vivo while op-
erating in a reflection-mode architecture. PARS is a uniquely promising solution for fresh
tissue and in-situ imaging due to its non-contact label-free reflection-mode architecture.
1.2 Thesis Objectives and Contributions
The objective of this thesis was to develop a PARS microscope that enables microscopic
assessment of thin and thick tissue specimens. This objective serves as a preliminary step
towards a surgical microscope that may one day visualize cancer margins in-situ. The
thick tissue acts as an analog to fresh tissue or in-situ imaging and serves to validate the
efficacy of label-free reflection-mode contrast with PARS. This thesis makes four distinct
contributions towards the development of this overarching goal:
• An image acquisition method for rapid gross assessment of tissue specimens.
• A high-resolution real-time and 3D imaging system to provide live feedback to clini-
cians. This approach demonstrated a resolution of 1.2 µm, the highest reported with
a real-time photoacoustic imaging system, and reported the first 3D results with
PARS.
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• A PARS microscope to image unstained nuclear morphology in a variety of thin
and thick human tissue specimens. These results represented the first non-contact
label-free reflection-mode images of human cellular morphology.
• A novel multi-wavelength chromophore selective PARS microscope to incorporate
hemoglobin contrast in addition to nucleic contrast.
1.3 Organization of Thesis
This thesis is organized as follows:
• Chapter 2 presents a background of PARS and a literature review of related methods
that aim to address the limitations of histopathology.
• Chapter 3 discusses the development of data acquisition methods to acquire wide
field of views with high spatial sampling via mosaics. Image reconstruction methods
are also discussed. The method is demonstrated with large mosaics of carbon fiber
networks and unstained human breast images.
• Chapter 4 discusses a live feedback system for PARS, including the development
of a simple image interpolation technique for real-time image reconstruction. By
employing optical sectioning, we also demonstrate the first 3D imaging results with a
non-contact reflection-mode label-free imaging modality. The method’s effectiveness
is demonstrated with carbon fiber networks and in-vivo imaging of a mouse ear’s
microvasculature structure.
• Chapter 5 investigates a PARS system for imaging the nuclear morphology in thin
and thick tissue specimens. Multiple types of samples are imaged and compared with
images from a conventional light microscope. Types of tissues investigated include
human breast, gastrointestinal, and skin.
• Chapter 6 extends PARS for selective chromophore imaging. In addition to accen-
tuating the nuclear morphology, this study highlights hemoglobin contrast in human
breast and tonsil tissue.
• Chapter 7 discusses future work to extend PARS and concludes this thesis.
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Chapter 2
Background and Literature Review
In recent decades, a variety of techniques have aimed to address the limitations of stan-
dard histopathology. In this chapter, we begin by discussing standard histopathology and
provide an overview of how biopsies or surgical specimens are processed into thin tissue
slices. This discussion is followed by a literature review of five techniques that have made
significant contributions to virtual histopathology. We discuss the contrast mechanism, ar-
chitectures, recent results, and the limitations for histology-like imaging for each method.
We conclude this chapter by providing a background on PARS, including a discussion on
how it addresses the limitations of previous approaches.
2.1 Histopathology
The vast majority of histopathological analysis is performed using conventional bright-field
microscopes. Bright-field microscopes illuminate tissue specimens from underneath such
that the light is transmitted through the sample. This type of illumination is known as
transmission-mode and requires the specimens to be sufficiently thin such that light passes
through the sample [13]. Bright-field illumination provides contrast through the absorption
of transmitted light in dense tissue regions. However, most biological tissue is only weakly
absorbing and does not provide sufficient contrast with just bright-field illumination [14].
This limitation of thin tissue sections and weak contrast is catered for by the standard
histopathological process by processing thick excised surgical specimens into thin stained
sections.
Preparing histology slides is a laborious multi-step process [15, 16]. Figure 2.1 illus-
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Figure 2.1: Standard histopathological workflow of processing fresh tissue into thin stained sections.
with fixing resected tissue in formalin (typically for 24 hours) to avoid putrefaction. Fol-
lowing fixation, selected areas of the specimen are dissected for examination to limit the
amount of tissue processing. Since raw tissue is soft and compressible and therefore not
suitable for sectioning directly, one of the major steps of this process is to transform tissues
into hard incompressible rectangular specimens that can be sectioned easily.
To this end, the formalin-fixed specimens are embedded in hot paraffin wax to form rect-
angular formalin-fixed paraffin-embedded (FFPE) tissue blocks. These FFPE tissue blocks
are then sectioned into thin ribbons (usually around 4-8 µm in thickness) and mounted
onto glass microscope slides. As most cells are transparent and exhibit little contrast
with bright-field illumination, the mounted tissue sections are stained with chromogenic
dyes such as hematoxylin and eosin (H&E) before being protected by a coverslip. The
staining protocol, in and of itself, is a multi-step process and depends on dyes being em-
ployed. Since staining is a chemical process, it is potentially susceptible to variability due
to cross-contamination between dyes, changes in pH level due to prolonged storage, and
the staining time. This variability manifests itself as a difference in contrast in prepared
histology samples [17].
The exhaustive nature of the tissue processing workflow potentially leads to clinical
practices that may not be ideal. For example, in the case of biopsies, any delay in morpho-
logical assessment would delay the initial diagnosis and the formulation of a treatment plan.
Similarly, post-operative surgical margin analysis frequently requires patients to return for
a second surgery or adjuvant treatment, resulting in significant stress on the patient and
the healthcare system [18]. Additionally, the standard histopathological workflow limits
the amount of resected tissue that can be assessed. Typically, tissues from biopsies or
surgeries are sampled by a pathologist and then processed. However, these small samples
may not be fully representative of the disease and may result in a diagnosis that does not
entirely describe the disease. Several imaging techniques have attempted to address these
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limitations, for example, microscopy with ultraviolet surface excitation [19, 20], light-sheet
microscopy [21, 22], stimulated Raman spectroscopy [23, 24], and ultraviolet photoacoustic
microscopy [25, 26, 27]. We discuss these methods next.
2.2 Microscopy with ultraviolet surface excitation
Microscopy with ultraviolet surface excitation (MUSE) is a recently introduced imaging
modality for histology-like imaging [19, 20]. In conjunction with diffused ultraviolet (typi-
cally shorter than 300 nm) light, MUSE employs specific fluorescence dyes to elicit bright
light emission from the tissue morphology. The fluorescence dyes tend to have similar
specificity as the conventional H&E staining leading to images that resemble conventional
histopathology.
MUSE has demonstrated histology-like imaging in fresh and fixed tissues [19, 20]. How-
ever, the requirement of fluorescence dyes can be undesirable for a variety of reasons. For
example, the staining process can be variable, which may lead to inconsistency in contrasts
between tissues. Additionally, to apply fluorescence stains, FFPE tissue blocks must be
deparaffinized before imaging. Finally, some of the fluorescence dyes used by MUSE, such
as Propidium Iodine and Hoechst, can be toxic, mutagenic, or carcinogenic, which makes
them impractical intraoperatively and infeasible in-situ [20].
2.3 Light-sheet microscopy
Light-sheet microscopy (LSM) relies on producing a sheet of light that illuminates a single
plane within an optically transparent sample [28, 29, 30, 31]. The tissue sample is stained
with fluorescence dyes, and the emitted fluorescence is collected with an objective lens
placed perpendicular to the light sheet. The objective lens serves to focus the fluorescence
light onto a camera. The sample can then be moved within the light sheet to selectively
illuminate different sections. Alternatively, the light sheet and the focal plane of the
detection objective can be moved synchronously. In effect, the method acts as an optical
microtome as it selectively sections planes within the specimen during the scan. This
technique has been applied for imaging single molecules, living cells, and entire organs
[32, 33, 34].
The first report of histology-like imaging with LSM came in 2017, where an open-top
design was demonstrated to scan arbitrarily sized specimens [21]. The key advantage of
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this design is that it makes optical clearing an optional step if only surface imaging is to be
performed. The study investigated imaging of fixed and fresh human tissue specimens and
compared them to standard histopathology. This system employed two fluoresce stains to
emulate H&E-like contrast. However, one of the stains employed bonded poorly to fresh
tissue and slowly leaked during imaging, resulting in inconsistent contrast. Later, this
limitation was improved upon by employing more strongly binding stains in conjunction
with dual-wavelength illumination [22].
LSM has demonstrated excellent resolution and contrast for histology-like imaging with
relatively good agreement with H&E stained histology. Despite the advantages in the rate
of imaging, optical sectioning, and 3D imaging capabilities, LSM faces several challenges
[35]. As the light sheet transverses the specimen, it is partially scattered, producing a
cloud of diffused light around the target [35]. This diffused light tends to blur the image.
Similarly, if the light sheet is positioned deep within the tissue, the emitted fluorescence is
more likely to be scattered, lowering the contrast and resolution [35]. Since LSM employs
orthogonal illumination, any optically absorbing structures prevent the excitation of fluo-
rophores behind the structure. This effect appears as attenuated stripes or shadows in the
final image, lowering the image quality [36].
Finally, this method faces similar challenges for intraoperative applications as MUSE or
other fluorescence-based techniques. The fluorescence stains can potentially be toxic and
may mandate additional control measures at hospitals. Moreover, for 3D volumetric imag-
ing, LSM requires optically clear samples. However, this tissue clearing typically requires
considerable time, to the order of hours to days, and additional stand-alone equipment,
making it impractical in an intraoperative environment [21, 37].
2.4 Stimulated Raman Spectroscopy
Stimulated Raman spectroscopy (SRS) is an imaging technique that takes advantage of
vibrational resonance of molecular bonds to provide contrast [38, 39, 40, 41]. The technique
typically uses two femtosecond pulsed lasers to stimulate the emission of photons from
specific molecular structures. The two lasers, referred to as the pump laser and stokes
laser, are temporally and spatially coincident on the sample but differ in their wavelength.
If the frequency difference between the stokes and pump lasers matches the vibrational
frequency of a molecular bond, stimulated emission of photons occurs. This emission of
photons is a weak effect and results as an intensity loss in the pump beam and as a gain
in the stokes beam [39].
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These intensity changes are small (on the order of 10−5 and 10−7) and can be challenging
to measure [42]. This limitation is further exacerbated in a reflection-mode configuration as
multiple backscattering of photons lowers the collection efficiency with the objective lens,
leading to low SNR. The low sensitivity is typically overcome by increasing the incident
pulse energy, incorporating lock-in amplifiers, or employing custom photodiodes with a
central aperture. The custom photodiodes are placed in front of the focusing objective and
allow the excitation lasers to pass through the central opening [43]. The large detection
area ensures the collection of a large amount of multiple backscattered photons.
In recent years, SRS has demonstrated histology-like imaging of brain and gastrointesti-
nal tissue using a transmission-mode architecture [23, 24]. These reports imaged human
brain tissue and compared the results against H&E stained images. The studies inves-
tigated both thin and thick fresh tissue specimens. However, since the reported method
operated in transmission-mode, the thick samples were squeezed down to 120 µm by sand-
wiching them between coverslips [23]. Squeezing the specimen may place considerable pres-
sure on the sample and may change the delicate tissue morphology, potentially interfering
with the accurate margin assessment. This process would also hinder the downstream as-
sessment of tissue pathology using standard histopathological techniques. This squeezing
would also not be practical when imaging directly within a resection bed.
2.5 Optical coherence tomography
Optical coherence tomography (OCT) is an imaging technique that takes advantage of
optical backscattering to visualize tissue contrast [44, 45, 46, 47, 48, 49]. OCT is based
on the principle of low-coherence interferometry, where the interference happens only for
path length within the coherence length of the light source. The technology is similar to
ultrasound imaging and is based on detecting light echoed from different layers of tissue.
However, since the speed of light is much higher than sound, typical detectors cannot be
used. Therefore interferometers are employed to detect the light coming from layers of
tissue. Compared to a high coherence interferometer, a low coherence interferometer only
exhibits interference within the coherence length of the illuminating light.
OCT has two major variants, time-domain OCT (TD-OCT) [44] and fourier-domain
OCT (FD-OCT) [50, 51, 49, 52]. FD-OCT has two common architectures spectral-domain
OCT (SD-OCT) [49, 52] and swept-source OCT (SS-OCT) [47, 53, 54]. Figure 2.2 depicts
these variants. In a TD-OCT system (Figure 2.2a) [44], the laser light is coupled into an
interferometer where it is split into a reference path and a sample path. The reference
















































Figure 2.2: Optical coherence tomography a) Time-domain OCT b) Swept-Source OCT c) Spectral-
Domain OCT.
Using an objective lens, the sample path focuses the beam into the specimen such that it
travels some distance into the target. As light travels some distance within the sample, it is
partially backscattered by each refractive index mismatch it encounters. These refractive
index changes are due to different layers of tissue and structures within the sample. The
backscattered light is collected with the objective lens and subsequently forms an inter-
ference pattern with the reference beam. The reference light only forms an interference
pattern with light that travels the same optical distance. Thus, as the reference mirror is
moved axially, interference patterns are collected along the depth of the sample form an
A-scan using a photodiode. To form 2D or 3D cross-sectional images, a set of A-scans is
collected as the sample beam is scanned over the sample in a raster-like pattern.
SS-OCT (Figure 2.2b) [53, 54] replaces the broadband laser with a swept-source (a laser
that sweeps across wavelengths) and measures the interference as a function of wavelength.
SD-OCT (Figure 2.2c) [49, 52] operates on the same principle but retains the broadband
illumination of TD-OCT and instead replaces the photodiode with a spectrometer. Most
modern OCT implementations are either SD-OCT or SS-OCT. This is because of significant
enhancement in speed and sensitivity FD-OCT offers [55, 56, 53, 57].
Being a mature modality, OCT has been investigated a number of times for oncologic
imaging [58, 59, 60, 61]. This has included surgical margin analysis, biopsy examination
and direct imaging of tissue blocks [62, 63]. Although these studies have demonstrated
promising results, the appearance of OCT images is dissimilar to conventional histology
slides. This is because histological analysis relies on the specificity of staining to identify
different structures in tissues. OCT, in comparison, highlights the shape and distribution
of different structures but does not highlight tissue components, such as cell nuclei, red
blood cells, or cytoplasm, with sufficient specificity. Many such studies, therefore, require
retraining pathologists to interpret OCT histology images [64, 65, 66].
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2.6 Ultraviolet photoacoustic microscopy
Ultraviolet photoacoustic microscopy (UV-PAM) [25, 26, 27] is a variant of a much broader
modality known as optical-resolution photoacoustic microscopy (OR-PAM) [67, 68, 69, 70].
OR-PAM takes advantage of the intrinsic optical absorption of biological tissue to provide
contrast [67, 68]. The optical absorption is measured via the photoacoustic effect [71, 72].
The photoacoustic effect refers to the generation of acoustic waves due to modulated or
pulsed light being absorbed [70]. Figure 2.3 provided a simplified schematic of a UV-
PAM system. The figure shows a pulsed ultraviolet laser being focused onto the tissue
specimen. As this pulsed light is absorbed, there is a rapid change in temperature local to
the targeted region. This change in temperature leads to transient thermoelastic expansion
and generation of ultrasonic waves [73, 74]. These acoustic waves propagate through the
tissue and can be detected at the surface of the target using an ultrasonic transducer.
The optical absorption of various biological chromophores varies as a function of wave-
length and is highly specific [75]. This enables selective imaging of chromophores by choos-
ing an excitation laser with appropriate wavelength. For example, as hemoglobin absorbs
visible light strongly, 532 nm wavelength is a common choice for targeting blood vessels.
Taking advantage of versatility, OR-PAM has demonstrated excellent contrast and resolu-
tion when imaging microvasculature [76], blood oxygenation levels [77], melanin [76, 78, 79]
and lipids [76, 80, 81], among others [82]. Similarly, since DNA exhibits strong optical ab-
sorption in the ultraviolet range, UV-PAM commonly employs a 266 nm wavelength to
highlight nuclear morphology. The major difference between OR-PAM and UV-PAM is















Figure 2.3: A simplified schematic of ultraviolet photoacoustic microscopy.
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Yao et al. reported the first UV-PAM system and demonstrated the label-free recovery
of cell nuclei with a reflection-mode configuration [25]. The system’s effectiveness was
illustrated with ex-vivo and in-vivo imaging of mouse tissues. However, to operate in
reflection mode, this system required a custom-built transducer. Imaging tissue with an
ultraviolet wavelength is similar to staining with hematoxylin as it would only highlight cell
nuclei of the sample and not the surrounding cytoplasm. A later study used a tuneable 420
nm laser to target cytochromes in addition to nucleic contrast [27]. In 2017, UV-PAM was
demonstrated with thin sections of human breast tissue and demonstrated close agreement
with standard H&E stained samples [26].
Despite its efficacy, the ultrasonic transducer required by photoacoustic microscopy
imposes two major constraints. First, UV-PAM (and OR-PAM) systems depend upon a
strong confocal arrangement between the acoustic and optical beams [68, 69]. Otherwise,
the resulting acoustic waves from the absorber may not be detected by the transducer.
This optoacoustic geometry imposes also imposes limitations on employing high numerical-
aperture (NA) objectives in a reflection-mode configuration [76]. In a reflection-mode
configuration, the acoustic waves redirected towards the transducer using an optoacoustic
beam splitter. The beam splitter is placed between the objective lens and the sample.
This takes up valuable working distance of the focusing lens and precluding the use of high
NA objective lenses. To overcome this, reflection mode UV-PAM systems employ complex
devices such as ultrasonic transducers arranged in a ring array around the objective or
transducers with a central opening such that the excitation laser is passed through [76, 25].
The second constraint is the requirement of effective acoustic coupling with the target.
This is because acoustic waves are attenuated significantly if an impedance mismatch is
found, such as when acoustic waves encounter the surface of biological tissue and attempt to
transmit in air. To achieve effective acoustic coupling with the target, UV-PAM submerges
the ultrasonic transducer and parts of the apparatus in a water tank. The water serves
as an impedance matching medium between the tissue and the transducer. To date, all
UV-PAM methods have submerged the apparatus in water to achieve effective coupling
[25, 27, 26]. However, this makes it difficult to optically scan the excitation laser unless
special water immersible microelectromechanical systems (MEMS) mirrors are used and
imposes additional restrictions for real-time imaging. The water immersion also makes it
unfeasible to deploy UV-PAM for in-situ imaging. This is discussed in significant detail in
Chapter 4 for real-time imaging applications.
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2.7 PARS microscopy
Considering the limitations posed by an ultrasonic transducer in conventional photoa-
coustic systems, a significant amount of research has sought an all-optical non-contact
reflection-mode photoacoustic technique to image biological tissues [83, 84, 85, 86, 87, 88].
However, the majority of these approaches rely on interferometric methods to either mea-
sure sample surface oscillations or to observe photoacoustic stresses. While these methods
provide optical detection of the ultrasonic pressures, they tend to offer poor sensitivity and
are susceptible to undesired path changes in the interferometer.
PARS is an all-optical technique that replaces the acoustic detection of thermoelastic
pressures with a second continuous-wave detection laser [9, 10]. Unlike previous efforts,
this technique measures optical absorption contrast by monitoring changes in the intensity
of this detection laser and is insensitive to phase modulations or path changes in the
optical setup. This leads to a robust all-optical non-contact reflection-mode detection of
photoacoustic pressures. Much of the work on PARS, including the discovery of the PARS
imaging effect, design of the initial optical system, and the first two seminal reports, were
lead by the author’s supervisor, Parsin Haji Reza, at the University of Alberta.
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Figure 2.4: A simplified schematic of PARS microscopy. Component labels are photodiode (PD), long
pass filter (LP), polarized beam splitter (PBS), quarter-wave plate (QWP), collimator (C).
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conventional photoacoustics, PARS employs a nanosecond pulsed laser to excite ultrasonic
pressures in biological tissues. A second detection laser, which operates in continuous mode
and is co-focused with the excitation laser on the sample. These beams are reflected from
the sample and directed towards a photodiode. A long-pass filter is typically placed before
the photodiode to block any excitation light and to ensure the detector only measures
the detection laser’s intensity. Initially, before applying any excitation light, only the
detection laser is incident on the sample. In this state, the reflected light from the sample
would have a constant intensity (effectively a DC signal). This constant light is due to
the backscattering from the sample. As an excitation pulse is applied, a small and rapid
oscillation is found to be imposed on the back-reflected light. The photodiode voltage
output is typically high-pass filtered to only extract the rapidly oscillating signal and
reject the scattering signals.
This effect was first described by the initial report on PARS using a two-state model in
Nature’s Light Science & Applications [9]. As this is a novel mechanism, a brief discussion
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Figure 2.5: A qualitative illustration of the PARS mechanism via the two-state model. a) depicts a
fresnel interface prior to excitation. Some of the detection is back-reflected while the other passes into
the absorbing medium. b) depicts the fresnel interface after excitation. The refractive index is perturbed
which modulates the reflectivity of the interface. The modulated reflectivity appears as a modulated
back-reflection of the detection light.
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thermoelastic pressures excited due to the excitation laser are linearly proportional to the
optical absorption and the amount of fluence on the target. As these acoustic pressures
propagate through the target, they modulate the refractive index of the medium due to the
elasto-optic effect [89] (purple curve in the figure). The change in refractive index leads
to a change in reflectivity of the sample. These reflectivity changes can be observed as
fluctuations in the back-reflection intensity of the detection laser. For the case of normally
incident light, the reflectivity R, can be calculated using Fresnel equations as R = |(n1 −
n2)/(n1 + n2)|2 where n1 and n2 are refractive indices of two media within the tissue.
Assuming the excitation laser is incident on n1, we can express a slight perturbation in
its refractive index as n1 + δn1. The reflectivity can now be described as R
′ = |(n1 −
δn1 − n2)/(n1 + δn1 + n2)|2. As PARS only measures the resulting transient oscillations,
we can express the change in reflectivity as ∆R = R − R′. This can be shown to be
∆R =∝ δ(n1−n2). The key insight provided by Haji Reza et al. is the fact that the PARS
effect is amplified if there is an existing refractive step between the media [9]. Without
this preexisting refractive index contrast, the reflectivity change is subtle. Though this
may seem to be of little use in practice, scattering and optical absorption contrast exists
prevalently throughout biological tissue. Subsequent works extended this model to include
temporal and spatial dimensions [11, 12].
Through this effect, PARS has demonstrated high-resolution in-vivo imaging of mi-
crovasculature structures [11], deep sensing capabilities [10], and functional imaging [90].
The intensity-modulated optical detection mechanism presents several benefits over previ-
ous approaches.
(i) PARS relies on an optical confocal geometry between the excitation and the de-
tection laser. This confocal geometry is significantly simpler than the optoacoustic
confocal geometry of OR-PAM and does not require additional components between
the focusing objective and the target. Compared to optoacoustic confocal geometry,
the optical confocal geometry yields a significantly simpler light delivery system and
enables high-resolution real-time imaging in a reflection-mode architecture.
(ii) The optical confocal geometry also eliminates the requirement of acoustic coupling
leading to non-contact detection of photoacoustic pressures. The non-contact detec-
tion minimizes the risk of infection in clinical settings and also does not require the
apparatus to be submerged in water.
(iii) The PARS detection mechanism measures the initial pressures local to the targeted
absorber and is primarily limited by stress confinement conditions. The initial pres-
sures dissipate in a few hundred nanoseconds and lead to significantly faster imaging
14
rates, potentially in the range of tens of megahertz [11]. In contrast, conventional
photoacoustic microscopy typically needs to wait for a minimum interval of time for
the ultrasonic pressures to propagate through the tissue. The minimum interval is
dependent on the speed of sound in tissue and the image depth. Assuming that the
average speed of sound in biological tissue is 1540 mm/s [91], it will take the acoustic
waves about 0.65 µs to propagate over an imaging depth of 1 mm. The maximum
repetition rate is thus 1.5 MHz. If an excitation pulse is applied before this minimum
interval, acoustic waves within the sample can potentially interfere with each other
and lower the contrast and resolution.
(iv) PARS takes advantage of optical absorption to visualize contrast and does not re-
quire the use of exogenous dyes. The label-free approach yields a modality that
can be deployed in clinical settings and may not require special control measures or
precautions.
(v) The all-optical design enables PARS to be combined with other imaging modalities
to capture additional contrasts and provide pertinent diagnostic information to the
clinicians. For example, PARS can be combined with OCT to capture scattering
contrast from deep within samples [92]. The optical design also lends itself to being
miniaturized to an endoscope to visualize absorption contrast deep within the body.
The non-contact label-free reflection-mode capabilities position PARS to be a powerful
microscope that may one day visualize surgical margins in-situ or immediately enable mor-
phological assessment during biopsies, saving valuable time in the formulation of treatment
plans and improving patient outcomes. Employing PARS, this thesis investigates the possi-
bility of using PARS for visualizing nuclear morphology in thin and thick tissue specimens.
This study approaches the limitations of standard histopathology by first demonstrating
wide field of view imaging using mosaics followed by a method to provide live feedback to
the clinicians. Nuclear morphology is then demonstrated in human breast, gastrointestinal,
and skin in unstained tissue slides as well as FFPE tissue blocks which serve as an analog
to fresh tissue or in-situ imaging. Finally, we expand upon the chromophores imaged by







Standard histopathology typically does not assess entire tissue specimens. Instead, pathol-
ogists typically sample the specimen macroscopically and select areas of interest for further
processing. These samples are no larger than a few centimeters [93]. This sampling works
fairly well as long as there is a readily apparent or palpable abnormality in the specimen.
In many cases, particularly after neoadjuvant chemotherapy, such abnormalities are not
visible, and the tumor must be localized before further assessment. A potential solution
is large-format histology where samples considerably larger than a few centimeters are as-
sessed. However, processing large sections of tissues requires specialized equipment which
may not be available widely [94]. Intraoperatively, frozen section analysis is similarly lim-
iting. Frozen sectioning of surgical margins is usually limited to only a small part of the
tissue, leaving a significant amount of the sample unexamined. This results in a higher
positive surgical margin rate and, consequently, higher cancer recurrence rates [95].
Rapidly imaging large areas of tissue with cellular-scale resolution is typically non-
trivial as it requires the specimen to sampled densely at a high scanning speed. Point by
point microscopy typically uses mechanical stages to capture wide field of views. However,
mechanical scanning moves the target underneath the targets which becomes unfeasible for
larger heavier targets due to their momentum. Thus, mechanical stages are typically moved
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at a slow speed leading to time-consuming acquisitions. An alternate is optical scanning
where a pair of orthogonal mirrors steer the beam onto the target. Optical scanning is
significantly faster than mechanical stages and is not limited by the momentum or weight
of the target. A strong advantage of optical scanning is it allows for dense sampling of the
target leading to high resolution images. Nonetheless, the field of view afforded by optical
scanning is significantly smaller than mechanical stages.
Mosaics have been widely used in microscopy [96, 97, 98, 99] and combine rapid optical
scanning with the wide field of views afforded by mechanical stages. Mosaics use optical
scanning to image small field of views rapidly and a mechanical stage to move the target to
an adjacent location to capture another localized patch or frame. Previously, works have
reported mosaic acquisition methods for conventional photoacoustic systems [99, 98]. Shao
et al. reported a mosaic acquisition method for optical-resolution photoacoustic microscopy
with a step size of 1.2 µm [98]. The reported method can acquire a 6.45 × 5.8 mm2 field
of view in ninety seconds [98]. Despite the rapid acquisition reported in [98], the 1.2 µm
step size limits the resolution of the system to approximately 2.4 µm. However, as PARS
has demonstrated sub-micron resolution in a reflection-mode configuration, it necessitates
a method that is capable of rapidly acquiring large field of views while maintaining a sub-
micron step size and high-resolution [10]. In light of the limitations posed by the mechanical
stages and optical scanning, the author implemented mosaic acquisition for PARS. This
chapter describes the image acquisition, reconstruction and optical apparatus in detail for
mosaic capture with PARS. A unique advantage of this method is that it minimizes the
stage movement during scanning. This makes it possible to mount the optical components
on top of the mechanical stages and therefore enable scanning of specimens too heavy
or large to be moved. Using the technique described in this chapter, images of carbon
fiber networks and unstained histology samples are presented to demonstrate the method’s
efficacy.
3.2 Methods
In this section we describe the optical apparatus, image acquisition and reconstruction. The
mosaicking technique is validated with human tissue specimens prepared using standard



































Figure 3.1: Schematic of the PARS microscope. Components labels are: pinhole (PH), variable neutral
density filter (VNDF), collimator (C), polarized beam splitter (PBS), quarter waveplate (QWP), dichroic
mirror (DC), photodiode (PD), fiber launch (FL), galvanometer mirrors (GM), lenses (L), mirrors (M).
3.2.1 Experimental Apparatus
The optical setup closely follows the conventional PARS setup shown in figure 2.4. The
apparatus described in this chapter employs two excitation sources, as shown in figure 3.1,
and was the first report of a multi-wavelength PARS system [100]. The 532 nm excitation
source repeats at a rate of 600 kHz and is used to demonstrate rapid mosaic acquisi-
tions. The 266 nm source is used to image histology specimens. A more detailed study of
histology-like imaging is carried out in Chapter 5 and 6, with Chapter 6 using the setup
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described in figure 3.1 for chromophore selective imaging. The incorporation of multi-
wavelength excitation required the use of an additional dichroic mirror to combine the 266
nm light with the 532 nm excitation and 1310 nm detection light. It is important to note
that presently the system does not operate with two excitation sources simultaneously.
The 266 nm beam is spatially filtered using a 25 m pinhole and collimated by two
lenses. The collimated beam is expanded using a variable beam expander and combined
with the 1310 nm and 532 nm beams using a dichroic mirror. The 532 nm beam is colli-
mated and expanded to be coupled into an optical fiber. Then, a fiber-coupled collimator
outputs the light, which is further expanded to fill the aperture of the objective lens and
combined with the rest of the system with a dichroic mirror. The 1310 nm detection path
operates identically to previous PARS reports and is described in section 2.7 [9, 10]. The
co-aligned detection and excitation beams were then directed to a set of 2D scanning mir-
rors (GVS412, Thorlabs Inc.). The scanning mirrors were mounted at right angles to each
other and were able to steer the beam to any given point in the field of view. The amount
and rate of the swing are determined by the input waveform’s amplitude and frequency,
respectively. The co-scanned beam was targeted onto the tissue, which is held on top of
a set of x-y linear scanning stages (XM-100S, Newport Inc.). The back-reflected circu-
larly polarized light from the sample was sent back through the quarter-wave plate to be
converted into vertically polarized light. The polarized beam splitter then reflects the ver-
tically polarized light onto the photodiode (PDB425-C). A four-channel data acquisition
card (CSE161G4, DynamicSignals LLC) is used to record the photoacoustic signal along
with the fast and slow mirror positions. The excitation source is used as the trigger for
the data acquisition card, which records the mirror signals for positional information and
the PARS signals. The scanning mirrors are driven using a function generator and are not
triggered or synchronized.
3.2.2 Mosaic Acquisition
Optical scanning forms the basis of mosaic acquisitions. A mosaic is formed by acquiring
a sequence of frames constructed by optical scanning in a two-dimensional grid. A custom
acquisition software was developed by the author in C++ to interface with the data acqui-
sition card and the mechanical stages. The software programs the data acquisition card
with the desired frame point count, the length of time to record after each trigger, and the
sampling rate. It also sets the speed of the mechanical stages and moves them in a two-
dimensional grid to acquire mosaic frames. The software computes the grid’s coordinates
based on the grid size, the field of view of each frame, and the desired overlap between each
frame. The distance between each adjacent frame’s center depends on the required field
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of view per frame and the desired overlap. The degree of tilt of the scanning mirrors and
the objective lens determines the field of view. The mirrors are controlled using two ramp
waveforms fed from a function generator. In contrast to sinusoidal waveforms, the use of
ramp waveforms allows for a more consistent step size between each point acquisition. This
is due to having a constant acceleration until the halfway point where the waveform flips
and decreases again with a constant acceleration. In comparison, a sinusoidal waveform
will have varying acceleration throughout its period. As a ramp waveform has a quick
turnaround at the halfway point, it also results in less dwell time, limiting the heat dissi-
pation on the sample. Typically sudden changes in a waveform lead to electronic ringing
effects which can potentially deteriorate the image quality. However, such effects were not
observed with this system. The amplitude and frequency of these mirrors along with the
laser repetition rate, determine the step size between each point acquisition. For example,
with a repetition rate of 40 kHz, mirror frequencies of 120 mHz and 60 Hz yield a step size
of 570 nm when the field of view is 380 × 380 µm2. Similarly, when the laser repeats at
600 kHz, mirror frequencies of 1.8 Hz and 960 Hz are used to yield a step size of 200 nm
with a field of view of 121 × 121 µm2. The 960 Hz swing rate is under the bandwidth of
the mirrors, which are capable of a 1 kHz swing rate if mirror deflection is less than 0.2°.
As discussed in section 2.7, conventional photoacoustic microscopy usually waits till
the acoustic pressures have propagated through the tissue before applying a subsequent
excitation pulse [75]. During this interval, the acquisition process typically records the
propagation of ultrasound through the tissue. A depth of 1 mm would correspond to a
recording time of about 650 ns. In contrast, PARS measures the initial acoustic pressures
near the absorber and a recording interval of approximately 300 ns is sufficient to record
the back-reflected intensity modulations observed by the photodiode [9, 10]. The shorter
recording intervals halve the amount of data that needs to be transferred and processed.
The data acquisition card is set to a sampling rate of 200 MS/s, resulting in 64 element
segments for each point acquisition and is used for all acquisitions presented. The 200
MS/s sampling rate is chosen to satisfy the 75 MHz bandwidth of the photodiode. The
point acquisitions are streamed to the computer while the scan is in progress. Once the
desired number of point acquisitions are acquired, the in-house developed software writes
the mirror signals and the time-domain PARS signals to disk. As soon as the data have
been written, the software moves the mechanical stages such that the next frame in the
sequence can be acquired and enables the data acquisition card to begin the next scan.
This movement is rapid and takes approximately 100 ms.
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3.2.3 Mosaic Reconstruction
Figure 3.2 provides a visual overview of the reconstruction process. The acquisition process
results in a collection of points spread over the field of view. Each point has an x and y
coordinate and a PARS signal associated with it (Figure 3.2a). The Hilbert Transform is
employed to compute the upper and lower envelopes of the signal, shown as the orange and
green dashed curves in Figure 3.2a [101, 102, 103, 104]. The amplitude of these envelopes
(blue lines) determines the intensity values of the scatter data (Figure 3.2b). To render an
image, the scattered dataset is triangulated using Delaunay Triangulation (Figure 3.2c),
which leads to an optimized triangulation of the data and minimizes interpolation artifacts
due to elongated triangles [105, 10, 106]. Delaunay Triangulation has been widely used
in literature for surface reconstruction from scattered datasets [107, 108, 109]. Since the
scatter data must be rendered on a Cartesian grid to form an image, such a grid is imposed
over the triangulation as an image as points to be interpolated (Figure 3.2d).
Using linear interpolation, the intensity at each Cartesian point is then computed from
the resulting triangulation. This results in a rendered image, as shown in Figure 3.2f.
The Grid/Stitching plugin in Fiji software is used to assemble all the mosaics presented in
this study [110]. This plugin computes a correlation between the overlapping regions to
calculate the best registration transformation. In addition, it applies a linear blend on the





Figure 3.2: (a) PARS time-domain signal with upper and lower envelopes (b) raw scatter data (c)
Delaunay triangulation (d) cartesian grid imposed on Delaunay triangulation (e) close up of interpolated
pixels (f) reconstructed image.
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3.3 Results and Discussion
To illustrate how well the mosaicking approach works, we capture three mosaics. The
first capture, a 0.8 × 0.8 mm2 mosaic of carbon fiber networks composed of one hundred
frames was acquired at a repetition rate of 600 kHz (Figure 3.3). Each frame covers an
area of 121 × 121 µm2 and consists of 400,000 raw point measurements. Operating at 600
kHz, the acquisition time for each frame takes 0.66 seconds, with the total acquisition time
amounting to seventy seconds. At such repetition rates, the mirrors must be scanning at 1.8
and 960 Hz. This image demonstrates the rate at which wide field of views can be acquired
while maintaining dense spatial sampling. Operating at 600 kHz, the acquisition time for
each frame takes 0.66 seconds, with the total acquisition time amounting to seventy seconds.
At such repetition rates, the mirrors must be scanning at 1.8 and 960 Hz. Operating at
these frequencies poses two major limitations for acquisition in the current system. First,
the scanning mirrors can only operate at low voltages and hence cover only a small field
of view rapidly. Second, the high frequencies increase the heat generation of the control
electronics significantly and do not allow for a sustained operation. This can be mitigated
by actively cooling the electronics. A wider field of view can be achieved, while operating
at low voltages, by using a wide-angle objective lens. A wide-angle would effectively ‘see’
more of the target and would allow the laser to be steered on a bigger area.
Figure 3.4 demonstrates the system’s ability to acquire a large field of views with a high
number of frames. Four hundred frames were acquired with a 35% overlap to ensure good
image registration. Each frame has a field of view of 380 × 380 µm2 and is composed of
400,000 raw data points. At a laser repetition rate of 40 kHz, each frame took 10 seconds
to acquire, with the total time being 66 minutes for the entirety of the mosaic.
To further validate the technique on practical real-world specimens, we image a human
breast tissue specimen with invasive ductal carcinoma (Figure 3.5). Two tissue slides are
prepared using adjacent sections from the formalin-fixed paraffin block. One slide is stained
with H&E dyes and imaged using a conventional bright-field microscope (Figure 3.5a). The
other slide is left unstained and imaged using the PARS microscope (Figure 3.5b). The
PARS microscope utilizes a 266 nm laser to provide DNA constant. The PARS image is a
mosaic of one hundred frames, with each frame being 85 × 85 µm2 and consisting of 100,000
points. The total field of view is approximately 1 × 1 mm2 and took 470 seconds to acquire.
The acquisition time, in this case, is limited by the 21 kHz repetition rate of the 266 nm
laser. Figure 3.5b is effectively a map of the optical absorption of DNA present within
the sample. The darker regions denote areas of high signal and thus abnormal growth of
cells. The bottom half of the image is significantly sparser and shows healthy tissue. The
boundary between the sparse area and the abnormal cell growth area is the cancer margin.
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Field of View Step Size Point Count Rep. Rate Acquisition Time
Proposed Method Figure 3 0.8 x 0.8 mm2 200 nm 400,000 600 kHz 70 s
Proposed Method Figure 4 3.0 x 3.0 mm2 600 nm 400,000 40 kHz 66 min
Proposed Method Figure 5 1.0 x 1.0 mm2 260 nm 100,000 21 kHz 8 min
Table 3.1: Summary of results of the proposed system.
This boundary is visualized with similar fidility as the standard H&E image in figure 3.5a.
Additionally, two necrotic regions are also visualized in both the PARS image and the
H&E image. More detail is shown in figure 3.5c and 3.5d where individual cell nuclei can
be seen.
Previously, Hu et al. have reported an acquisition time of 70 minutes for an area of
7.8 × 10 mm2 with mechanical stages [69]. However, the reported acquisition utilized a
step size of only 2.5 µm. With a similar step size, the proposed method in this work would
acquire a single frame with a field of view of 380 × 380 µm2 in 0.5 s. To acquire a 10 × 10
mm2 image, the total acquisition time would be 7 minutes at a 40 kHz repetition rate. With
a 600 kHz repetition rate, the total acquisition time would reduce to approximately 26 s,
yielding a significantly faster system which is vital for point by point scanning microscopes.
The significant increase in speed seen in this work can be traded for a smaller step size
resulting in higher sampling resolution. Similarly, other works on the subject have reported
results with a limited repetition rate, step size, and resolution as compared to this work
[98]. Employing a wide-angle lens, each frame is acquired in one second and covers a field
of view of 930 × 930 µm2 consisting of 160,000 measurements. The increased spot size
allows for a step size of 1.2 µm between point acquisitions lowering the number of points
required per frame at the cost of resolution. In contrast, here we are able to acquire a
400,000 point frame in 700 ms, including the acquisition and stage movement time at a
resolution of 1.2 µm and a step size of 200 nm. The 600 kHz repetition rate halves the
acquisition time while the transfer time is eliminated by streaming the data while the scan
is in progress. Employing a similar wide-angle objective that results in a frame size of 930
× 930 µm2, an area of 9 × 9 mm2 can potentially be acquired in seventy seconds with
the same point count per frame. A lower point count will further increase the rate of the
acquisition.
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Figure 3.3: A 100-frame mosaic, arranged in a 10 × 10 grid. Each frame is 125 × 125 µm2, whereas
the total field of view is approximately 0.8 × 0.8 mm2. The image was acquired with a 532 nm excitation
source operating at 600 kHz. Despite the fast scanning frequencies, the resulting image is able to resolve
carbon fiber networks as close as 1 µm throughout the field of view. This resolution is evident with in the
top right corner with several distinct carbon fibers running in parallel. Scale bar 100 µm.
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Figure 3.4: A 400-frame mosaic of carbon fiber networks, arranged in a 20 × 20 grid. Each frame has
a field of view of 380 × 380 µm2, whereas the total field of view is 3 × 3 mm2. The image was acquired
with a 532 nm excitation source operating at 40 kHz. The mosaic captures large swathes of carbon fibers
with a relatively thick bundle running across the diagonal. The effects of depth of field are also visible as
some carbon fibers disappear underneath other fibers (top right) while others run above the thick diagonal
bundle (bottom right). Scale bar 500 µm.
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Figure 3.5: A comparison between a PARS image of unstained human breast tissue with conventional
bright-field microscope. (a) a standard H&E stained image (b) a PARS mosaic of one hundred frames,
total field of view of 1 × 1 mm2 (c,d) zoomed in versions of (b) showing cell nuclei. The image was
acquired with a 266 nm excitation source operating at 20 kHz. Scale bar 100 µm.
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Chapter 4
Live feedback and 3D Photoacoustic
Remote Sensing
Pathologists are accustomed to the instantaneous visual feedback provided by conventional
light microscopes. This instantaneous visual feedback is often leveraged by rapidly panning
and zooming in on histology slides to quickly assess tissue specimens. For successful clinical
adoption, virtual histopathology techniques would need to mimic this visual feedback by
providing a high-resolution live video to clinicians. One important example is in-situ
imaging, where the video display can be used to guide the imaging head over the tumor
to visualize the cancer margin in real-time. To this end, in this chapter, we discuss the
development of a real-time imaging method. We begin by discussing the challenges faced
by conventional photoacoustic methods and then explain why PARS is a promising solution
for a video-rate in-situ surgical microscope.
As previously mentioned, conventional PA microscopy methods rely on a strong confocal
geometry between the excitation beam and the resulting acoustic waves from the target
[111]. This imposes several constraints in terms of component placement in the light
delivery system and generally requires a trade-off between resolution, signal to noise ratio
(SNR), the field of view, rate of imaging and the imaging depth. In preceding years,
a variety of methods have been developed to increase the rate of acquisition. Xie et
al. employed scanning mirrors to raster-scan the laser over the target while keeping the
ultrasonic transducer stationary [112]. Despite significant increases in imaging speeds over
mechanical scanning, this method suffers from low SNR due to an unfocused transducer,
which results in a weak confocal arrangement between the optical and acoustic beams
[112]. Hybrid scanning methods, where the fast axis is scanned optically and the slow
axis is scanned using a mechanical stage, have demonstrated fast imaging rates with a
28
linearly focused transducer but result in non-portable systems due to bulky mechanical
stages [113, 114]. Micro-lens arrays have been employed to increase the rate of imaging
significantly, but require lasers with significant pulse energy. These systems may also
result in an increased rate of heat deposition over the target, which may not be feasible
for clinical settings [115, 116]. Water immersible two-axis micro-electromechanical system
(MEMS) mirrors have been employed to maintain the confocal arrangement between the
acoustic and the optical beam and enable rapid imaging for OR-PAM systems with a high
SNR [117]. MEMS mirrors, nevertheless, suffer from a reduced field of view unless they are
operated at their resonant frequencies. In recent years, water immersible hexagonal mirrors
have also been employed to increase the rate and area of scanning while maintaining the
strong confocal arrangement afforded by MEMS mirrors. However, this method reported
a resolution of 10 µm due to the use of a low NA objective lens [118]. In these works, to
maintain a confocal optoacoustic geometry, the scanning optics need to be placed between
the objective lens and the target. However, this precludes the use of high NA objective
lenses due to their small working distances and leads to low-resolution imaging systems.
While hexagonal and MEMS mirrors have resulted in systems with improved sensitivity
and scanning rates, the imaging speed for conventional PA microscopy is ultimately limited
by the rate of acoustic propagation. This is because excitation pulses that have been fired
in quick succession can lead to acoustic interference within the sample as the ultrasonic
pressures propagate. To avoid this interference, there is typically a minimum interval
between consecutive excitation pulses depending on the imaging depth, leading to a trade-
off between imaging depth and speed. For example, when imaging a sample with a thickness
of 1 mm, there must be a minimum interval of 0.65 µs between consecutive excitation pulses
to avoid acoustic interference within the sample. This leads to a maximum laser repetition
rate of 1.5 MHz [75].
In contrast, PARS relies on an all-optical confocal geometry between the excitation
and detection laser. This all-optical confocal arrangement is considerably simpler and is
free from constraints imposed by an optoacoustic confocal geometry, leading to a more
versatile design that can offer high resolution and SNR simultaneously in a reflection-
mode architecture. Unlike conventional PA microscopy, PARS relies on initial pressure
measurements for contrast and is not limited by the rate of ultrasonic propagation. Instead,
PARS is mainly limited by stress confinement conditions and usually requires short point
acquisitions, typically in the range of hundreds of nanoseconds, which do not encode depth
information [9, 11]. This can potentially lead to acquisition rates in the range of tens
of megahertz. This rapid rate of imaging can potentially enable video-rate live feedback.
Furthermore, this rate of imaging can be combined with adaptive optics to quickly acquire
optical sections for the purposes of rapid 3D visualizations [119]. These advantages position
29
PARS to be a promising modality to achieve high-resolution reflection-mode video-rate live
feedback as well as rapid 3D imaging for clinical applications.
To this end, taking advantage of the all-optical design, we present a system capable
of live real-time imaging and 3D visualizations. Employing an integrated two-axis optical
scanning head with a simple interpolation scheme based on nearest neighbors, we demon-
strated a sustained frame rate of up to 2.5 Hz with a 600 kHz pulse repetition rate laser
and a field of view of 167 µm × 167 µm. A resolution of 1.2 µm was measured from the
live feed, which we believe is the highest reported for a live feedback reflection-mode ar-
chitecture. The system’s performance is demonstrated with carbon fiber phantoms as well
as in-vivo imaging. The first results of 3D imaging with PARS are also shown. We bench-
mark the performance of 3D reconstruction with phantoms and demonstrate its efficacy
by visualizing microvasculature structures in 3D in-vivo.
4.1 Methods
In this section we describe the experimental apparatus, acquisition and interpolation tech-
niques for real-time imaging. The system resolution and SNR is also characterized. Lastly,
the laser fluence levels are computed and compared against American National Standards
Institute (ANSI)’s maximum permissible limits.
4.1.1 Optical System
Figure 4.1 illustrates the experimental apparatus. The optical system presented in this
chapter is optimized for real-time imaging and includes a set of scanning mirrors. The
inclusion of the scanning optics is the only major difference from a standard PARS setup
as previously shown in figure 2.4. As PARS is a laser scanning microscopy, it mandates a
fast pulse repetition rate laser. The ultraviolet laser introduced in Chapter 3 has a pulse
repetition rate of 20 kHz and is thus not suitable for rapid acquisitions. Instead, the 532
nm 600 kHz pulse repetition rate laser is used to demonstrate real-time imaging. The
image acquisition and reconstruction methods described in this chapter are independent




Microscopes that rely on point acquisitions require the desired field of view to be well
sampled for effectual image reconstruction. To this end, the scanning mirrors are arranged
orthogonally and allow the co-focused excitation and detection beam to be steered at any
location in the field of view. The mirrors are driven using a ramp waveform from a function
generator. The amplitude and frequency of the waveforms determine the field of view and
the rate of the mirror swing. The ramp waveforms provide a constant velocity and allow
a consistent step size between point acquisitions. The driving frequency of the mirror
depends upon the laser repetition rate and the desired number of point acquisitions per
frame. For example, when the excitation laser repeats at 600 kHz, the fast axis is driven
at 900 Hz and the slow axis at 1.8 Hz. Additional details of the hardware and methods
are provided in section 3.2.2. This acquisition method is used for real-time imaging as well
as for capturing a set of 2D slices at different depths for 3D volumetric reconstruction.
Between each 2D slice, the target is moved at a prescribed amount vertically using a
mechanical stage.
Figure 4.1: Experimental Setup. Component labels are defined as (FL) fiber launch, (C) collimator,
(DM) dichroic mirror, (OL) objective-lens, (QWP) quarter wave-plate, (PBS) polarized beam splitter,
(LP) long pass filter, (PD) photodiode.
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Figure 4.2: An illustration of the steps involved in the interpolation. a) Raw scatter data b) Grid
illustrates binning size. Points inside a box are rounded off to its center c) Close up of an interpolated
image. Corresponding pixel location is assigned the average amplitude of the binned points. d) Zoomed
out final image.
4.1.3 Image Formation
Providing a live display requires transferring, processing and interpolating the streamed
data in real-time. The digitizer streams the PA signal and the two mirror position signals
in the form of a 16-bit interlaced array. This array is deinterlaced to separate the three
individual signals into independent arrays. For each point acquisition, the mirror signals
are averaged reducing the noise due to the digitizer or electrical interference. Assuming
the noise is random and not correlated, the averaging reduces the noise by the square root
of the number of array elements [120, 121]. For example, if the array length is 64, the
noise is reduced by eight times. The resulting averaged arrays are stored as 64-bit floats
to match the native architecture of the imaging computer. The PARS time-domain signals
are converted to the frequency domain via the fast Fourier transform and passed through
a low pass filter. This filter attenuates the noise from the digitizer, photodiode, or the
detection source present in the signal. The resulting signal is then transformed back to the
time domain. The amplitude of each filtered time-domain signal is then computed. This
processing results in each point acquisition having an intensity and x,y spatial coordinate
specifying where in field of view it was captured. These points lack a regular grid-like
structure and must be interpolated to form an image. Figure 4.2a shows the scatter data
over a small field of view. The electronic noise floor of the system was measured using the
digitizer by blocking the optical inputs of the photodiode. The noise floor was measured
to be approximately 20 mV peak to peak. The digitizer provides 14-bit analog to digital
conversion for each analog input. With a 5V input waveform, the least significant bit
equates to approximately 300 µV, which is far lower than the measured noise floor of 20
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mV. This implies that the mirror positional signals likely do not represent 14-bits precision.
Although the mirror positions are averaged, the noise reduction is not sufficient to represent
14-bits of precision. For example, if a recording segment had a length of 128 segments,
the noise would be reduced by approximately eleven times [120, 121]. However, the noise
floor is approximately sixty times higher than the least significant bit. Recognizing this,
the averaged mirror positions are converted to integers from 64-bit floats. This conversion
has the effect of binning points that are close together, as illustrated in Figure 4.2b.
For example, coordinates such as (34.3,10.5) and (34.7,10.2) are rounded to (34,10).
This method, therefore, does not require a computationally expensive search to determine
a given point’s nearest neighbors, saving considerable execution time. The interpolation
begins by declaring a zeroed out 2D array for the final interpolated image. Subsequently,
for each coordinate, the corresponding single strength is looked up from the internal am-
plitude array and added to the appropriate pixel in the final image. The coordinate values
from the discretized positional arrays are used as the indices for the interpolated image.
Since the discretization process results in multiple points being binned together, multiple
amplitudes are added together in the final image and averaged together to enhance the
SNR (Figure 4.2c and 4.2d). Nonetheless, this interpolation method assumes that each
pixel is large enough that it would contain multiple samples. If a pixel does not contain
samples, the pixel value remains at zero and appear as black pixels in the interpolated
image. As a final step, the image is iterated over and pixels which have a value of zero are
assigned the average of the surrounding neighbors towards the left, right, top, and bottom
of the pixel in question. The same algorithm is utilized for reconstructing each slice in a
3D volume. Once all the levels in a 3D volume have been reconstructed, we render the
final 3D volume using ImageJ’s ClearVolume plugin [122].
4.1.4 System Characterization
A point spread function is described as the response of an optical system to a point source
[123, 124, 125, 126]. It is effectively how an imaging system views (or blurs) a point. The
point spread response encodes the spatial resolution of an imaging system in horizontal and
vertical dimensions [124, 125]. Experimental measurement of the point spread function re-
quires imaging targets with a size less than the diffraction limited spot size (approximately
880 nm) [126, 124]. Such small targets will typically occupy only a few pixels in the final
image and make it difficult to measure the point spread function reliably [126]. As an alter-
native, the resolution of an optical system can be characterized by measuring its response
to a very thin line resulting in a line spread function. The line spread function effectively
describes the resolution of a system in one dimension [124]. This response is called the line
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Figure 4.3: Images for resolution and SNR characterization. a) Carbon fibers used to measure resolution.
Scale bar 25 µm b) resolution measurement with line spread function c) in-vivo image of microvasculature
structure in mouse ear used for SNR measurement. Yellow box is region where noise was measured. Scale
bar 25 µm.
spread function. Unfortunately, finding targets that resemble a line and have a sufficiently
thin width (less the diameter of the focal spot size) is also not trivial. However, the line
spread function is the first derivative of an edge spread function [124]. The edge spread
function measures how the imaging system blurs an edge. By first measuring the edge
spread function and subsequently computing the first difference, we can arrive at the line
spread function which reliably describes the resolution of the system in one direction [125].
If we further assume that the laser spot size has a Gaussian shape, the line spread function
effectively describes the resolution in both dimensions [124].
Here, the edges of carbon fibers were imaged to characterize the lateral resolution of
the imaging system (Fig 4.3a). The edge profile was measured across the green a – a’ line
and an edge spread function was fitted. The first derivative of this edge spread function is
computed, resulting in a line spread function. The full width at half maximum (FWHM) of
this line spread function is considered as the lateral resolution. This revealed a resolution
of 1.2 µm, more than sufficient to resolve capillaries and even cell nuclei. Figure 4.3c shows
an image of a microvasculature structure captured in a mouse ear used to characterize the








where σn is the standard deviation of a region lacking signal (yellow box in Fig 4.3c), where
sij is the signal in the image, 〈〉 represents a mean, and t is some threshold value used to
denote signal level. In the cause of microvasculature images, t is chosen such that only
signals comprising of blood vessels are considered. This yielded a peak SNR of 62 dB and
a mean SNR of 44 dB in-vivo. The 14-bit precision offered by the digitizer translates to a
theoretical dynamic range of 84 dB. However, the photodiode’s noise equivalent power of
5.2pW√
Hz
limits the overall dynamic range of the system to approximately 59 dB. Compared
to the peak SNR of 62 dB, it becomes evident that the filtering and averaging improve the
effective SNR of the system significantly.
4.1.5 Excitation beam Laser Safety
The mouse-ear has numerous blood vessels 70 – 100 µm below the skin [127]. Assuming a
focal spot diameter of 1 µm and the optical focus depth to be 70 µm, the diameter of the
laser spot at the surface of the mouse ear can be calculated to be 22 µm. The pulse energy
of the excitation laser was measured to be 45 nJ. This yields a fluence of 10 mJ/cm2, which
is considerably below the skin exposure limit of 20 mJ/cm2 set by ANSI. [128].
4.1.6 Detection beam Laser Safety
The detection laser was set to a power of 5 mW and areas as large as 500 µm × 500 µm are
scanned in this work. This results in irradiance of 2.4 W/cm2. For a continuous wave laser
with a wavelength of 1310 nm and an exposure time between 100 ns and 10 s, the maximum
exposure limit (MPE) on the skin is limited to an energy density of MPE = 1.1CAt
0.25,
where CA is defined as the correction factor and is defined as 5 for a wavelength of 1310
nm (25). The demonstrated in-vivo imaging had an exposure time of 1 s. The average
power limit set by ANSI is calculated as MPEavg =
MPE
t
and equates to 5.5 W/cm2. The
detection laser is, therefore, operating at half the ANSI limit.
4.1.7 Animal preparation for in-vivo imaging
All animal experiments were approved by the University of Waterloo Animal Care Facility
and were carried out in accordance with the University of Waterloo ethics committee. A
nude SKH1-Elite Charles River mouse was anesthetized with 5% isoflurane. The anesthesia
was maintained with 1% isoflurane during the in-vivo imaging. A heating pad was placed
under the mouse to maintain body temperature.
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4.2 Results
Carbon fibers were used as phantom targets to benchmark the proposed method’s per-
formance. Multiple layers of carbon fibers were placed on top of a glass slide and placed
underneath the microscope’s objective. Figure 4.4a shows select frames from a live video
where the fibers are panned and optically sectioned. The scanning mirrors were driven at
1.8 Hz and 900 Hz. A total of 200,000 A-scans were captured in a field of view of 167 µm
× 167 µm resulting in an average step size of 400 nm. The mechanical stages are used to
translate the carbon fibers underneath the objective, as shown in the first two frames. The
depth stage is then moved to focus onto a second layer of carbon-fibers underneath. With
an A-scan count of 200,000 and a pulse repetition rate of 600 kHz, the acquisition time
was approximately 300 ms per frame. The image reconstruction takes approximately 100
ms on a 2.7 GHz Intel Core i7 processor resulting in a real-time visualization frame rate
of nearly 2.5 Hz.
Figure 4.4: a) Live display of carbon fibre networks Individual frames extracted from a screen capture
of the live display. Time stamp is annotated in the top left corner of each frame. Scale bar: 25 µm b) 3D
reconstruction using the same method. Field of view is 167 × 167 µm2, total depth 70 µm.
Figure 4.4b shows the 3D capabilities of the system. The depth stage was utilized to
move the sample perpendicularly after a 2D acquisition was completed. A total of 14 2D
frames were captured with a vertical step size of 5 µm between them. The 3D view shows
the multiple layers of carbon fibers in high fidelity. The field of view was set to 167 µm ×
167 µm with a total depth of 70 µm.
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Figure 4.5: in-vivo live stream of microvasculature structure in a mouse ear. Multiple layers are visualized
by first changing the depth of the mouse ear. Subsequently, different locations are visualized by panning
the mouse using a pair of mechanical stages. Field of view 183 × 183 µm2. The timestamp can be seen in
the top left corner. Scale bar 25 µm.
The proposed method’s efficacy is demonstrated with in-vivo imaging of mouse ears.
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Figure 4.5 shows select snapshots from a live video of microvasculature structure within a
mouse ear. The figure illustrates the microvasculature coming into focus as different planes
within the ear are visualized. The field of view is then panned using the 2D mechanical
stages to visualize different regions in the mouse ear. To limit the heat deposition on the
mouse ear, we reduced the laser repetition rate to 50 KHz and acquired 50,000 A-scans
per frame to achieve a real-time visualization frame of approximately 1 Hz. We emphasize
that these results are from a live video and not from a post-acquisition reconstruction. The
field of view was set to 183 µm × 183 µm and the average step size was 800 nm.
Figure 4.6: 3D visualization of microvasculature structure in mouse ear. Field of view of 500 µm × 500
µm.
Figure 4.6 demonstrates PARS’s ability to capture 3D volumes. Two different locations
on a mouse ear were captured in-vivo. These results represent the first 3D images captured
with a non-contact label-free reflection-mode method. Similar to the 3D phantom image,
the depth stage was utilized to move the mouse in a perpendicular direction. A total of 17
frames were acquired with an axial step size of 3.5 µm. This captured a total depth of 60
µm. The total field of view was set to 500 µm × 500 µm for both 3D volumes.
4.2.1 Comparison with Delaunay triangulation
In this section we compare the quality and speed between the nearest neighbor interpolation
to the Delaunay triangulation based interpolation initially discussed in section 3.2.3. A
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custom MATLAB script was written to compare the execution time of the two techniques
with the same parameters. The number of samples was 100,000 spread over 160 µm × 160
µm and the pixel size was set to approximately 2 µm. All post-processing was turned off.
The benchmarking computer had 16 GB of memory and a 2.7 GHz Intel Core i7.
As we previously discussed in section 3.2.3, Delaunay triangulation can be divided into
two major steps, the triangulation and the interpolation. MATLAB’s built-in implemen-
tation allows the user to access both functions independently and repeatedly interpolate
from an initial triangulation, saving considerable execution. This is extremely useful if
the exact same set of points is acquired for each acquisition. Unfortunately, this is not
the case for our setup and perhaps most real-world point by point microscopes. The noise
ensures the target is sampled at different locations for each capture, effectively mandating
triangulation for every set of point acquisitions captured. The MATLAB script was there-
fore written to triangulate the point acquisitions during each of the hundred benchmarking
runs and subsequently interpolate. It is important to note only the execution time of the
actual image formation (and relevant steps) was measured. File reading, display or other
steps were not accounted for. All post-processing was turned off. For the nearest neigh-
bor approach, post-reconstruction pixel filling was still performed (previously described in
section 4.1.3). With this configuration, Delaunay triangulation required an average of 390
ms whereas nearest neighbor was significantly more efficient and required 2.3 ms to finish.
The Delaunay triangulation is slow primarily due to the triangulation step. If we modify
the script to triangulate only once and interpolate a hundred times, the average execution
time drops to 66 ms. The 66 ms execution time is a significant improvement but still quite
slow compared to the nearest neighbor approach introduced in this chapter.
Figure 4.7 shows the result from both techniques. The images are displayed in log-
arithmic scale to exaggerate the contrast. Both images are displayed on the same color
axis (-5 to -45 dB). In the Delaunay interpolation a rougher background can be observed
compared to the nearest neighbor interpolation. The mean SNR with Delaunay interpola-
tion and nearest neighbor was found to be 22 dB and 35 dB, respectively. The proposed
method reports a higher SNR due to the averaging of all the samples contained within
a pixel. However, the nearest neighbor approach shows a number of ‘dead’ pixels. The
dead locations in the image are due to pixels not containing any samples. Although, these
locations are filled after the initial image reconstruction the deterioration in image quality
is still visible in the image. The effect of pixel size on both interpolations is investigated
in figure 4.8. As the pixel size becomes smaller, the nearest neighbor approach begins to
break down due to the assumption of having samples within the pixel locations to effec-
tively interpolate. Delaunay triangulation, in comparison, is able to interpolate even with
pixel sizes as small as 200 nm.
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Figure 4.7: Comparison between Delaunay triangulation and proposed method. Images are displayed in
logarithmic scale.
Figure 4.8: The effect of pixel size on the proposed method and Delaunay triangulation. Images are
displayed in logarithmic scale.
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Step Execution Time (ms) Percentage of Total Time
Mirror Waveform Averaging 10.9 13.1 %
Fast Fourier transform 17.3 20.7 %
Low Pass Filtering (in Fourier domain) 25.6 30.8 %
Inverse fast Fourier transform 18.7 22.5 %
Scale Signal Arrays from ADC Count to µm 0.8 1.0 %
Discretization 0.94 1.1 %
Interpolation 0.64 0.7 %
Total Time 83.3 100.0 %
Table 4.1: Execution times of all the major steps involved in the image reconstruction.
4.2.2 Performance Breakdown
In this section we provide a brief discussion on execution time for all the major steps
in the image reconstruction process. The real-time reconstruction method is intended to
be used in conjunction with a streaming data acquisition card. However, for the sake of
testing consistency, these benchmarks were conducted by reading a raw image file. The
time taken to read the image file was not measured. Table 4.1 lists the measured steps and
the execution times. By far the most computational process is the fast Fourier transform,
filtering and the inverse fast Fourier transform. These three steps take up to 74% of
the total processing time. The Fourier transform is implemented via the Fastest Fourier
Transform In The West library [129]. The interpolation by itself takes only 0.7%. The
numbers below are a result of running the benchmarking program one hundred times and
averaging the result for a 100,000 sample count image. Unlike section 4.2.1 where MATLAB
was used to compare Delaunay triangulation with the proposed method, this section used
the C++ codebase to mimic an actual real-time imaging application as much possible.
4.3 Discussion
The proposed method demonstrates several benefits over previous reports of real-time PA
imaging systems [111, 112, 113, 114, 115, 116, 117, 118]. (1) Analogous to OR-PAM’s re-
quirement of a confocal geometry between the excitation and the resulting acoustic waves,
PARS is reliant on a strong confocal arrangement between the excitation and the detection
beam. However, achieving a strong confocal arrangement between two optical beams is
significantly simpler and does not require the use of any components between the target
and the objective lens. This advantage allows PARS to employ high NA objective lenses
to achieve a resolution of 1.2 µm, the highest reported by a real-time reflection-mode PA
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imaging system. (2) A standard x-y galvanometer scanner steers the optical beams simul-
taneously and maintains a strong confocal geometry between the two leading to a system
with appropriate sensitivity for recovering blood vessels in vivo. This allows real-time
imaging with a mean and peak SNR of 44 dB and 62 dB, respectively, with a laser fluence
of 10 mJ/cm2. The SNR measurements exceed previous reports of PARS systems with
comparable values for laser fluence [9, 10]. (3) Employing a computationally inexpensive
reconstruction technique that bins points in proximity and averages the amplitudes, we
demonstrate a live video feed that enhances the high SNR afforded by the optical system
and sustains frame rates up to 2.5 Hz.
We also demonstrate PARS’s ability to capture 3D volumes in-vivo. These results
represent the first reports of 3D imaging with PARS. Presently, these volumes are captured
by acquiring multiple 2D layers at various depths by moving the surface of the sample
perpendicular to the optical axis using a mechanical stage. This process can be sped up
considerably by using a laser with a faster repetition rate and employing adaptive optics
to move the focal spot instead of moving the sample [119]. For example, it would take
approximately 25 ms to acquire 50,000 A-scans per layer with a 2 MHz repetition rate
laser. Assuming a total of 14 slices are required, the total acquisition time would be 350
ms. This can enable high-speed 3D visualizations, potentially in real-time. Alternatively,
architectures like coherence-gated PARS can be explored to provide depth-resolved PA
signals for potentially even faster 3D imaging [130].
To render live video, the proposed method relies on a computationally lightweight
interpolation scheme. In most nearest neighbor based interpolation schemes, the process of
searching for a given point’s neighbors dominates the interpolation time [131, 132, 133]. To
this end, several data structures have been explored to speed up a nearest neighbor search.
The proposed method is able to find a given point’s nearest neighbors by rounding off the
positional arrays. This is effectual because the positional information of each A-scan likely
does not have 14-bits of precision due to a small amount of measurement noise associated
with each digitization. High-SNR interpolation is realized by averaging the binned scatter
points. The key advantage of this approach is that allows the positional arrays to be
treated as indexing arrays for the final image. This enables direct access of the pixel
locations in constant time (time complexity of O(1)) [134] rather than a computationally
expensive nearest neighbor search. This results in rapid image reconstruction from the
scatter data with high SNR and contrast suitable for a high-quality live video stream. The
most computationally expensive task in the image reconstruction is the low pass filtering
which, typically, accounts for 30% of the total image reconstruction time (see section 4.2.2).
However, in the future, this step, along with other parallelizable code, can be executed on
a graphics processing unit which can potentially reduce the execution time even further.
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The overall rendering time for the live video is a sum of the acquisition time and the
image reconstruction time. Since the digitizer is configured to stream the acquisitions
directly to system memory, the time taken to transfer the data is effectively zero. This
makes the acquisition time entirely dependent on the laser repetition rate and the number
of A-scans desired per frame. The image reconstruction takes approximately 100 ms per
100,000 A-scans to fully render a scene and is usually not the limiting factor in terms of
frame rate. Instead, it was found that the primary limiting factor for the frame rate and
the field of view were the scanning mirrors. The mirrors have a maximum swing rate of
1 kHz for angles smaller than 0.2°. This angle translates to approximately 120 µm × 120
µm in terms of field of view with the current objective lens. As mentioned, the phantom
studies captured 200,000 A-scans per frame with a repetition rate of 600 kHz. The mirrors
were driven at 1.8 and 900 Hz, which is close to their maximum specification. Although the
shorter acquisition and reconstruction times can be realized by reducing the point count
per frame, the mirror swing rate would need to be increased as well. For example, from our
in-vivo results, it can be observed that even 50,000 A-scans per frame provide remarkable
contrast and resolution, resolving capillaries as small as 6 µm. However, capturing 50,000
A-scans per frame at a repetition rate of 600 kHz would require the fast axis to swing
at a rate of 3.6 kHz, which is far higher than their specification. Future work can aim
to increase the imaging frame rate by using faster scanning optics, optimizing scanning




Microscopic Histology of Unstained
Human Tissues
Building upon chapters 2, 3, and 4, we arrive at discussing a PARS system designed for
histology-like imaging. The system is designed with an ultraviolet excitation laser to target
the optical absorption peak of DNA. With this, the endogenous contrast of cell nuclei and
bulk tissue structure can be recovered. Through the PARS effect, we present the first
non-contact label-free reflection-mode histology-like images in a variety of human tissues.
This particular study investigated imaging in the human breast, gastrointestinal, and skin
in unstained FFPE slides as well as FFPE tissue blocks. FFPE tissue blocks serve as an
analog to in-situ imaging due to their thickness. These images are qualitatively compared
against adjacent H&E slides prepared through standard tissue processing. To evaluate
the diagnostic potential of the approach, we also present a quantitative comparison with
several nuclear morphology metrics to conventional H&E prepared slides.
5.1 Methods
In this section we provide a description of the optical system for imaging tissue mor-
phology and sample preparation method for FFPE tissue blocks, unstained slides as well
as standard H&E slides. The system resolution and SNR with the 266 nm excitation is
also characterized. The image formation method employs mosaics to image large field of
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views. A description of mosaic acquisition and reconstruction was provided was previously
provided in section 3.2.2 and 3.2.3.
5.1.1 Experimental Apparatus
The optical system used in this chapter is similar to the one introduced in Chapter 3
(section 3.2.1). This chapter investigates the possibility of recovering nuclear morphology
of the tissue samples. The 266 nm wavelength of the pulsed excitation primarily targets a
DNA optical absorption peak. The 532 nm excitation path and the corresponding dichroic
mirror is thus removed from the optical system. The elimination of the dichroic mirror
results in improved light transmission of the 1310 nm detection light. This simplified
system is shown in figure 5.1.
Upon absorption of a 266 nm pulse, thermoelastic expansion within the cell nuclei
creates large initial photoacoustic pressures. These pressures can modulate the local optical
properties through the elasto-optic effect. This creates a perturbed optical scattering profile
seen by the detection beam. If the cell nuclei are considered to be an optically scattering
particle with the cytoplasm of the cell, then these elasto-optic modulations modify these
scattering properties. This scattering perturbation can then be observed with the probe
beam as a rapidly changing back-scattered intensity coincident with the excitation spot.
Although the elasto-optic effect itself produces a relatively small change in the optical
properties (such as the permeability and permittivity) this effect is amplified by the pre-
existing scattering profile which exists between the cell nuclei and cytoplasm. Additional

































Figure 5.1: Schematic of the PARS apparatus. Component labels are defined as: beam splitter (BS), zoom collimator (ZC)
long-pass filter (LP), polarizing beam splitter (PBS), quarter-wave plate (QWP), dichroic mirror (DC), balanced photodiode
(BPD), pinhole (PH), neutral density filter (NDF), galvanometer mirrors (GM), objective lens (OL). The 266 nm laser
(SNU-20F-10x, Teem Photonics) was spatially filtered by two lenses (LA4052-UV and LA4380-UV, Thorlabs Inc.) and a 25
µm pinhole (P25C, Thorlabs Inc.). The beam was then expanded using a fixed magnification beam expander (BE05-266,
Thorlabs Inc.). This was combined with the detection path which uses a 1310 nm continuous-wave superluminescent diode
(S5FC1018P. Thorlabs Inc.) as a source. The 1310 nm beam was passed through a fiber polarization controller (FPC562,
Thorlabs Inc.) and then collimated (RC04APC-P01, Thorlabs Inc.). The collimated interrogation beam was then expanded
using a variable beam expander (BE02-05-C, Thorlabs Inc.). The polarizing beam splitter (CCM1-PBS254, Thorlabs Inc.)
splits the beam based on its polarization state. The horizontally polarized light is converted to circularly polarized light
using a zero-order quarter-wave plate (WPQ10M-1310, Thorlabs Inc.). A dichroic mirror (HBSY234, Thorlabs Inc.) is used
to combine the detection beam and the excitation beam. The excitation and detection beams were co-aligned into a 2D
galvanometer scanning mirror system (GVS412, Thorlabs Inc.). The beams were then co-focused using a 0.3 numerical-
aperture reflective objective lens (LMM-15X-UVV, Thorlabs Inc.). The back-reflected interrogation beam was converted
from circular to horizontal polarization by the quarter waveplate and then passes back through the polarizing beam splitter
where it is directed to a 75-MHz bandwidth InGaS balanced photodiode (PDB425C-AC, Thorlabs Inc.) for detection. The
long-pass filter is chosen to block any back-reflected excitation light.
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Figure 5.2: Resolution study from a 7 µm diameter carbon fiber in water. (a) A B-Scan of the carbon
fiber is shown. The two right graphs show how the lateral and axial resolutions are extracted from edge
spread functions of the carbon fiber (i) and (ii) respectively. Scale bar 10 µm.
5.1.2 Resolutions study
The system resolution was characterized against a B-scan of a carbon fiber. The lateral
and axial resolution is measured by fitting raw data of the B-scan to edge spread functions.
The resolution is defined as the width from 10% to 90% of this function as illustrated in
Fig. 5.2. The lateral resolution of the system is found to be 1.2 µm whereas the axial
resolution is measured at 7.3 µm. This resolution can be compared to commercial bright-
field microscopes used in pathology which generally operate with objectives providing 5x
to 40x magnifications yielding submicron resolutions.
5.1.3 Sample preparation
Human breast, tonsil, gastrointestinal and pancreatic tissue samples were obtained under
a protocol approved by Research Ethics Board of Alberta (Protocol ID: HREBA.CC-18-
0277) and University of Waterloo Health Research Ethics Committee (Humans: #40275
Photoacoustic Remote Sensing (PARS) Microscopy of Surgical Resection, Needle Biopsy,
and Pathology Specimens). All experiments were performed in accordance with the rele-
vant guidelines and regulations. Tissue specimens were attained from anonymous patient
donors with the help of clinical collaborators in the Cross Cancer Institute (Edmonton, Al-
berta, Canada). The ethics committees waived the requirement for patient consent on the
condition that samples were archival tissue no longer required for diagnostic purposes, and
that no patient identifiers were provided to the researchers. The breast tissue specimens
were obtained from fresh mastectomy resections and immediately placed in formaldehyde
to allow for proper tissue fixation. The pancreatic tissue and tonsil resection tissue were
obtained from stored samples that were prepared in a similar fashion.
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To enable comparisons between PARS images and H&E stained images, adjacent sec-
tions were cut from the same FFPE tissue block. As they are not the same exact tissue
sample, some minor differences in appearance do exist. The method of preparation for the
tissue blocks, unstained slides, and H&E slides follows.
5.1.4 Tissue blocks
After remaining submersed in formaldehyde for at least 48 hours, the tissues were then
processed as usual: dehydration, cleared with xylene, and infiltrated with hot paraffin wax.
Thereafter the tissue was embedded in paraffin wax and mounted on cassettes. Once cooled
to room temperature, the FFPE blocks were finally created. This FFPE block could then
be cut using a microtome. It was shaved down until the desired target tissue region was
exposed. The gastrointestinal tissue was obtained from stored FFPE block samples that
were initially prepared in a similar fashion.
5.1.5 Unstained slide preparation
4 µm thick tissue slices from the FFPE blocks were acquired and the resulting ribbons were
placed in a warm water bath. The ribbons were then transferred to glass slides and baked
at a temperature of 60°C for one hour in order to remove the excess paraffin and to ensure
the specimen is affixed to the glass slide. The slides were not covered with coverslips or
any other media.
5.1.6 H&E slide preparation
4 µm thick tissue slices from the FFPE blocks were acquired and the resulting ribbons were
placed in a warm water bath. The ribbons were then transferred to glass slides and baked
at a temperature of 60°C for 30 minutes. The baking ensures that the sample adheres to
the glass slide. The slides were then stained with hematoxylin and eosin staining media
before covering with mounting media and a coverslip. Once the mounting media was dry,




Results are acquired using the apparatus detailed in Fig. 5.1. In brief, a 266 nm nanosecond
excitation pulse is used to excite photoacoustic pressures within the sample providing DNA
contrast. These pressures are detected by monitoring the back-reflected intensity of a co-
focused 1310 nm continuous-wave interrogation source. Targets include 7 µm diameter
carbon fiber networks (Fig. 5.3a) and breast cancer tissue (invasive ductal carcinoma)
(Fig. 5.3b). All images are acquired with endogenous contrast and without additional
labels. All PARS images presented were acquired with a large working distance from the
objective (24 mm) facilitating implementation both as a table-top device and as an in-situ
tool where the working space is limited. With the current pulsed repetition rate of 20
kHz, small field of view (high resolution) acquisitions are acquired at a point density of 2
pixel/µm and at a rate of 1250/s. Resolution metrics are pulled from structural images by
using edge spread functions across B-scans of 7 µm carbon fibers. The lateral resolution
is found to be 1.2 µm while the axial resolution is measured at 7.3 µm. SNR values are
computed using the method described in section 4.1.4. This yields a peak and mean SNR
of SNRp = 58.5 dB and SNRm = 42 dB respectively in unstained tissue slides (Fig. 5.3b).
Figure 5.3: (a) PARS image of 7 µm carbon fibers. (b) PARS images of an unstained slide-mounted
breast tissue sample. Scale bars for (a,b) are 50 µm.
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5.2.2 Assessment of Human Tissue
Figure 5.4 compares the three samples types examined in this study. Two preparations are
used for the PARS samples including unstained glass slide-mounted sections and FFPE
blocks. Consecutive tissue sections of breast tissue were prepared as unstained FFPE blocks
and unstained slide-mounted sections along with a conventional H&E preparation. To
approximate the surface of bulk unprocessed tissue, the unstained slide-mounted samples
are not protected by a coverslip. These tissue samples provide a uniform control target
to avoid out-of-focus artifacts from optical sectioning. The FFPE blocks more closely
approach in-situ targets in that they contain tissue which can only be captured en-face with
a reflection-mode modality and provide a multilayered structure for volumetric acquisitions.
These tissue samples are roughly 5 mm thick, are embedded in paraffin, and mounted on
an opaque embedding cassette. In addition, the FFPE blocks have micron-scale surface
irregularities similar to fresh tissue. The unstained samples are imaged using the PARS
apparatus detailed in Fig. 5.1 whereas the H&E images are acquired using a standard
conventional bright-field pathology microscope (Zeiss Axioscope 2 with Zeiss Axiocam
HR). The performance of PARS in visualizing cellular-scale structures is compared to
conventional H&E bright field microscopy using breast (Fig. 5.5), gastrointestinal (Fig. 5.6)
and tonsil tissues (Fig. 5.7). Similar regions are imaged across all three sample types for
direct comparison.
Figure 5.5a is a standard H&E stained image taken with a conventional bright-field
microscope at a magnification of 5x. The unstained tissue slides were also imaged with a
bright-field microscope for comparison (Fig. 5.5b). PARS images with false H&E colour
map (Fig. 5.5c,e) is used to approximate a hematoxylin-like stain as seen in the H&E stained
bright field images, and a greyscale logarithmic colour map (Fig. 5.5d,f) is used to highlight
the PARS signal. In the false H&E colour map, darker pinks represent stronger PARS
signals which are primarily attributed to higher DNA concentrations in these locations
where the white indicates minimal PARS signal and a lack of DNA contrast. In the
greyscale colour, map white represents stronger PARS signals where black is associated
with weaker PARS signal. However, as the primary contrast mechanism is the DNA
absorption peak, direct visualization of eosin-stained regions is not achieved.
Other examples of human tissue samples are shown in Figs 5.6 and 5.7 where the pan-
creas and tonsil tissues are presented. The brightfield images (Figs 5.6a, 5.7c) are captured
at a magnification of 10x and 20x, respectively. Each is compared with a conventional H&E
image of the consecutive layer. As well, Fig. 5.7a highlights the wide field of view (1 cm
by 1 cm) imaging capabilities of the system. Additional acquisition details are provided in
section 3.2.2.
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Figure 5.4: A comparison of the three sample types discussed in this work: (left) a formalin-fixed
paraffin-embedded tissue block; (middle) a conventional H&E prepared slide and; (right) an unstained
tissue slide.
5.2.3 Tissue volumes
Volumetric scans were performed on the FFPE blocks to image multiple cell layers (Fig. 5.8).
Volumes are acquired by taking PARS images at 100 depth levels in the sample at 500 nm
steps. For the volume shown in Fig. 5.8 the total scan time was around 33 minutes giving
an acquisition rate of about 360 m3/s. Several distinct cellular layers are recovered at
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Figure 5.5: A comparison between a PARS images and (a) a bright-field image at the of the same breast
tissue sample with invasive ductal carcinoma. (b) an unstained slide imaged with a conventional bright
field microscope. A PARS acquisition of the regions is shown for the unstained tissue slide with (c) a false
H&E colour map applied and a (d) logarithmic greyscale colour map applied. A PARS acquisition of a
FFPE block with(e) a false H&E colour map applied and (f) a logarithmic greyscale colour map applied.
Green outline highlights a sharp delineation between a hypercellular region of tissue and healthy tissue,
blue outline represents a high-grade malignancy with serosity and necrotic cells, the red outline represents
an artifact present in the slides. Scale bar 100 µm.
various depths and cellular resolution is maintained 50 µm down into the sample. The
image formation method for each depth level is identical to image reconstruction for each
mosaic frame and is described in more detail in section 3.2.3.
5.2.4 Internuclear distance and cross-sectional area comparison
H&E image (Fig. 5.9a) were compared to the adjacent PARS acquisitions (Fig. 5.9b)
with several quantitative metrics. The cross-sectional area of the cell nuclei (Fig. 5.9c),
the internuclear distance (Fig. 5.9d), and a circularity ratio of the cell nuclei (Fig. 5.9e)
are shown with results summarized in Table 5.1. Three quantitative metrics are used
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Figure 5.6: (a) A standard H&E prepared slide imaged with a standard pathology microscope of a blood
vessel (within green outline) located in pancreatic tissue, surrounded by muscular layer (between green
and yellow outline) with smooth muscle cells. (b) An unstained tissue slide of the adjacent section imaged
with PARS. (c) A direct overlay of the images (a,b). Scale bar 100 µm.
Figure 5.7: (a) A large field-of-view scan of a tonsil tissue specimen using PARS microscopy. Scale bar
1 mm. (b) A high resolution zoomed-in scan of the skin margin its superficial hypercellular stratified
squamous epithelium (yellow outline) and the sharp delineation with the underneath hypocellular stroma
(green outline) using PARS microscopy. Scale bar 100 µm. (c) an H&E prepared tissue slice of the
adjacent section of tonsil tissue.
to compare the bright-field H&E images with PARS acquisitions. These metrics include
internuclear spacing, nuclear cross-section, and the circularity of the nuclei. Internuclear
spacing and nuclear cross-section are first pulled from images by thresholding nuclear
structures from the background. The center of mass of each nucleus is determined by the
arithmetic mean along each dimension. Then, the minimum calculated distance between
each centre of mass is determined to be the reported internuclear spacing. The nuclear
cross-section is found for each nucleus by summing the total number of constituent pixels




Figure 5.8: A volumetric scan of breast cancer tissue (invasive ductal carcinoma) (a) Consecutive slices
are shown with separation of 7 µm. (b) The sections from (a) are shown. Scale bars 20 µm.
where C and A are the circumference and area of each cell nuclei, respectively. If the nuclei
are perfectly circular, this ratio would be unity. Deviation from unity suggests a non-
circular shape. The perimeter of each object is taken as the sum of perimeter pixels times
the dimension of each pixel, and the area is as defined for the cross-section. Diagnostically
relevant information on tissue types may be pulled from mean values, whereas cancerous
tissues may exhibit larger variances.
Summary of Cell Morphology Metrics
Cross-Sectional Nuclear Area Internuclear Distance Circularity Ratio







PARS 17.5 9 9.21 4.7 1.54 1
Table 5.1: The calculated mean, standard deviation (SD) and overlap coefficients for the 3 qualitative
analysis techniques for the H&E and PARS images in Figs. 5.9a,b
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Figure 5.9: Quantitative study from (a) an image of a standard H&E prepared breast tissue sample
captured by a commercial bright field microscope (b) a PARS image of the adjacent breast tissue section
on the FFPE block. (c) A comparison of the cross-sectional nuclear area, (d) a comparison of the
internuclear distance between cell nuclei, and (e) a comparison of the circularity ratio extracted from
images (a,b). See Table 5.1 for further details.
5.3 Discussion
The system presented here highlights several important capabilities necessary for histology-
like imaging of tissues. PARS does not require additional contrast to be added to the
sample. The unstained slides provide a reasonable contrast-free analog to the prepared
and stained H&E samples. The contrast in the PARS images is provided by the 266 nm
absorption peak of the sample, primarily highlighting DNA concentration. However, other
surrounding species are likely to contribute signal to some degree, such as cytochrome,
hemoglobin, and collagen30 to name a few as they exhibit non-zero absorption at 266
nm. The high concentration of DNA in cell nuclei facilitates visualization of nuclear mor-
phology, nuclear density, and cellular distribution. This is due to the PARS signal being
proportional to the optical absorption, which is in-turn proportional to the chromophore
concentration. The contrast seen in H&E sections is from cell nuclei (purple) and the sur-
rounding cytoplasm (pink) (Figs 5.5a, 5.6a, 5.7c). The hematoxylin dye is principally used
as a nuclear stain whereas eosin visualizes the cytoplasm. The PARS images in this study
provide contrast analogous to the hematoxylin stain as the 266 nm wavelength is strongly
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absorbed by DNA within cell nuclei. This relationship is similar to the one that exists in
H&E preparation, where the intensity of the hematoxylin stain is proportional to the nega-
tive ion concentration present in DNA and RNA. Since PARS operates in reflection-mode,
the samples are not required to be thin, negating additional sectioning. Both capabilities
are essential to achieve in-situ imaging capability and are demonstrated with the FFPE
blocks.
The ability to image thick tissue combined with DNA’s strong absorption at 266 nm
may also permit the imaging of freshly resected tissue. Freshly resected tissue can poten-
tially contain blood and other fluids. The extra blood and serosity can be removed with
absorbing paper before inking the specimen. This is standard practice and is routinely
done before staining the tissue. However, this extra step may not be required as the excess
fluids would not interfere with the system’s ability to visualize surgical margins. Although
blood appears as an opaque fluid macroscopically, the majority of its contrast is exhibited
by erythrocytes, which are discrete cells. Thus, under magnification, the extra contrast
from hemoglobin does not disrupt histological imaging. With PARS, there is an added
benefit that erythrocytes are anuclear and do not exhibit significant optical absorption as
compared to DNA at 266 nm. Since DNA absorbs 266 nm wavelength significantly more
than hemoglobin and other chromophores [135], the dominant contrast would still be from
DNA facilitating the visualization of surgical margins and cellular morphology. Similarly,
this work can also be applied to surgical cavities left behind by resections. Such resections
can extend deep into the body and the surgeon must proceed with hemostasis. Presently,
the surgeon must palpate the cavity to identify residual nodularity. This work may be
applied to such cavities to visualize any residual cancer. The non-contact operation of this
modality also minimizes the increased risk of infection posed by palpating deep cavities in
the body.
PARS images of the unstained slides highlight salient features of the sample, includ-
ing regions of hypercellularity and distinct boundaries between different tissue types.
Figure 5.5 shows bright-field images of H&E stained (Fig. 5.5a), unstained tissue slides
(Fig. 5.5b), PARS images of the same unstained tissue slide (Fig. 5.5c,d) and FFPE blocks
(Fig. 5.5e,f). The tissue sample consists of human breast tissue presenting invasive ductal
carcinoma. The H&E image (Fig. 5.5a) highlights a sharp delineation between cancerous
and healthy cells (green outline). A high-grade tumor (blue outline) is also seen in the
same figure, whereas the red outline accentuates a tissue processing artifact. In contrast,
in the unstained bright-field image (Fig. 5.5b), the high-grade tumor and the sharp delin-
eation between diseased and healthy tissue are not visible. The PARS images (Fig. 5.5c,d)
of the unstained tissue demonstrates the visual differences and morphology of the breast
gland duct from exocrine and cancerous cells (green outline) and adjacent adipose tissue
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with comparable fidelity to the H&E image. The processing artifact and the high-grade
tumor are also clearly visible in the PARS images of the unstained tissue slide. The PARS
images of the FFPE blocks (Fig. 5.5e,f) are concordant with the co-localized unstained
sectioned samples and the bright-field H&E images. Salient micron-scale structures such
as hypercellularity, internuclear spacing, nuclear morphology, and intranuclear density are
captured, along with larger-scale features such as ducts, adipose tissue, connective tissue,
and blood vessels. Where the FFPE blocks provide a closer analog to in-situ tissues,
the unstained sectioned slides yield a closer analog to the conventional H&E processed
slides as the preparation procedure follows a similar process but lack the contrast dyes.
Figure 5.6 cellular morphology in human pancreatic tissue with H&E stained and PARS
images. Figure 5.6a is a standard H&E image that of a medium-sized blood vessel that
is surrounded by a muscular layer. Bulk tissue and cellular morphology are visualized in
the PARS image (Fig. 5.6b) and found to be comparable to the H&E image. Due to the
presence of nucleated cells (smooth muscle cells) present in the muscular layer surround-
ing the blood vessel (between yellow and green outline). Figure 5.6c is an overlay of the
H&E image and PARS image demonstrating the agreement between the two modalities.
Figure 5.7 compares H&E images and PARS images of human tonsil tissue. Figure 5.7b
demonstrates the difference between the hypercellular stratified squamous epithelium and
the sharp delineation (yellow outline) with the underneath hypocellular stroma.
In the future, a method is required to provide images with eosin-like cytoplasmic stain-
ing patterns, where co-imaging would provide the dual contrast signal analogous to H&E
staining. PARS is capable of incorporating additional excitation wavelengths which could
be added to provide contrast for additional chromophores, targeting various components
of the tissue structure. To achieve eosin-like contrast, a roughly 400 nm excitation wave-
length has previously shown to reveal cytochromes in the cytoplasm [27]. An infrared
excitation source such as 1210 nm or 1720 nm can also be added to extract contrast pro-
vided by adipocytes, which is otherwise unavailable in standard H&E preparation due to
the dissolution of lipid by ethanol and xylene during tissue processing [136]. This addi-
tional contrast may reduce ambiguity of the PARS chromophore recovery at any given
wavelength. Nonetheless, nuclear features and other tissue features such as blood vessels
(Fig. 5.6), duct morphology, hypercellularity, and connective tissue structures are readily
evident in the PARS images of excised tissues. Future iterations can multiplex different ex-
citation wavelengths targeting specific chromophores in the same acquisition session, which
allows for large amounts of diagnostic information to be extracted quickly, label-free, and
in-situ.
Volumetric imaging experiments (Fig. 5.8) highlight the performance of the apparatus
in thick tissue samples. Here, imaging was performed across a depth range of 50 µm showing
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several cellular layers. This appears to be the penetration limit for the current system in
these FFPE blocks and is similar to the depth reported in previous transmission-mode
UV-PAM works [26]. Since the transport mean free path of the 266 nm ultraviolet light is
on the order of 100 µm in human tissue, this range may be expected for an optical system
which operates at these wavelengths. PARS has previously demonstrated the ability to
exceed the transport mean free path of the excitation wavelength in tissue using a deeper
penetrating detection beam [10]. This may suggest appreciable interaction between the
1310 nm detection source and the FFPE blocks’ paraffin media. Future efforts may need
to investigate other detection wavelengths for imaging such prepared samples.
The qualitative analysis techniques used may provide additional metrics for PARS-
based computer-aided diagnostics which is essential for approaching the gold-standard of
human pattern recognition. This is critical for tissue identification and initial tissue diag-
nostics. For instance, the variance in the cross-sectional area and circularity of cell nuclei
is indicative of nuclear aberrancy and the internuclear distance can indicate hypercellu-
larity, which could suggest the presence of cancerous tissue. The extracted values show
good correspondence between the two datasets suggesting PARS is capable of accurate
visualization of nuclear structure. This highlights the potential for PARS microscopy in
computational diagnostics and especially surgical margin assessment.
The imaging characteristic demonstrated reasonably fast frame acquisition times and
sub-cellular resolution. However, the current system would be incapable of delivering full-
quality frames as shown at real-time rates (greater than a frame per second). Imaging
speeds can be improved by increasing the pulse repetition rate of the laser, potentially
achieving real-time imaging speeds. PARS microscopy has demonstrated higher imaging
rates in comparison to contact-based photoacoustic imaging methods due to the optical
detection. The rate of optical detection with PARS is limited by the local stress confinement
rather than acoustic propagation. The method has previously demonstrated acquisition
rates up to 5 MHz [137] suggesting if an appropriately fast repetition rate excitation is





remote sensing of unstained human
tissues
In the previous chapter, we demonstrated imaging of nuclear morphology in a variety of
unstained human tissues. However, standard H&E staining typically highlights several
chromophores in addition to DNA. While hematoxylin targets DNA, eosin targets cyto-
plasm, collagen, and hemoglobin. Thus, to approach the diagnostic information provided
H&E, it is necessary to recover contrast from additional chromophores. In this chapter, in
addition to the nuclear contrast, we target hemoglobin by taking advantage of its optical
absorption peak near green wavelengths. By incorporating an additional green excitation
laser, the first results of multi-wavelength imaging in human pancreatic and tonsil tissues
are reported. These images are compared against standard H&E prepared slides.
6.1 Materials and methods
This chapter employs the system described in section 3.2.1 to image cell nuclei and red
blood cells. The 266 nm source is used to target cell nuclei (akin to staining with hema-
toxylin only) whereas the 532 nm source is used to visualize the hemoglobin present with the
tissue specimens. The sample preparation method is previously described in section 5.1.3.
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In this section, we describe an analysis discussing the relative reflectivity of DNA and red
blood cells.
6.1.1 Imaging mechanism
PARS utilizes both a pulsed excitation laser and a continuous-wave detection laser in
order to generate and detect initial PA pressures. In brief, an excitation pulse incident on
an optically absorbing region produces thermo-elastic expansion through the photoacoustic
effect generating large initial pressures. These initial pressures modulate the local refractive
index via the elasto-optic effect, modulating the scattering properties of this region [89, 11].
Meanwhile, a continuous-wave detection beam is co-focused with the excitation spot. The
modulating scattering profile induces intensity variations in the back-scattered detection
beam. Photoacoustic signals are measured as variations of this back-scattered intensity.
The magnitude of these signals is proportional to the optical absorption of the absorber at
the excitation wavelength [9, 11, 12].
Following the analytical methods described in [9, 12], and using values for optical
absorption of biomolecules presented by Soltani et al. we calculate the PARS reflectivity
changes for cell nuclei to compare against red blood cells (RBC) [135, 138]. Cells are
modeled using refractive indices of 1.358 and 1.377 for cell nuclei and cytoplasm respectively
[139]. Red blood cells are modeled using refractive indices of 1.413 for the cell, and 1.33
for the blood plasma [140, 141]. The radius of a diffraction-limited focal spot size can
be computed using the expression R = 0.5λ
NA
where λ is the wavelength and NA is the
numerical aperture of the objective [142, 143]. With a 0.3 NA objective, this expression
yields a radius of 440 nm for 266 nm excitation and approximately 880 nm for 532 nm
excitation. In comparison, red blood cells have a diameter between 6.8 and 7.5 µm [144].
The mammalian cell nucleus has an average size of 6 µm [145]. Since both the cell nuclei and
the red blood cells are much larger than the detection wavelength and the focal spot size, a
simple planar interface is assumed. The PARS signal will then be a result of comparing the
unperturbed reflection from this structure, assuming a Fresnel interface, and the perturbed
reflection following photoacoustic excitation and elasto-optic modulation of the absorbing
medium. This signal is then characterized as the reflectivity difference ∆R between the
two reflections. This yields reflectivity changes of ∆RDNA,266 = 1.43× 10−4, ∆RDNA,532 =
1.88×10−7, ∆RRBC,266 = 7.88×10−6, and ∆RRBC,532 = 1.78×10−5 where ∆RDNA,λ is the
reflectivity change for DNA in cell nuclei at λ and ∆RRBC,λ is the reflectivity change for
RBC at λ. For these calculations excitation fluences are assumed to be at ANSI limits of




= 18.1 at 266 nm and
∆RRBC,532
∆RDNA,532
= 94.5 at 532 nm.
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6.1.2 Image formation
The image formation method for a multi-wavelength setup is similar to the one described
in section 3.2.2. For each multi-wavelength acquisition, the 266 nm excitation was first
employed to recover the nuclear contrast. The 266 nm acquisition was followed by the
532 nm excitation to capture hemoglobin contrast. The nuclear and hemoglobin contrasts
were then provided a colormap and superimposed to emulate an H%E-stained histology-like
image.
6.1.3 Resolution characterization
To characterize the lateral resolution of the system, carbon fibers were imaged at 266 nm
(Fig. 6.1(a)) and 532 nm (Fig. 6.1(c)) wavelengths. The resolution is characterized by
fitting an edge spread function to a carbon fiber’s edge pixel values. The lateral resolution
is then defined as the width between 10% and 90% of the maximum amplitude of the edge
spread function. The resolution for the 266 nm beam was found to be 1.2 µm and for 532
nm was found to be 1.5 µm.
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Carbon Fibers with 266 nm Excitation
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Figure 6.1: Resolution characterization of the multi-wavelength PARS system (a) carbon fibers imaged
with the 266 nm excitation (b) corresponding edge-spread function measuring a resolution of 1.2 µm (c)
carbon fibers imaged with the 532 nm excitation (d) corresponding edge spread function measuring a
resolution of 1.5 µm. Scale bar 10 µm.
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6.2 Results and discussion
Figure 6.2 compares a high-resolution H&E image (Fig. 6.2(a)) of human epidermal tissue
with a PARS image (Fig. 6.2(b)) of an unstained adjacent section. The PARS image is able
to resolve cell nuclei similar to the H&E section. As the images are of adjacent sections
and not of the same tissue sample, the cell nuclei do not appear at the same locations in
both images.
Using the apparatus described in Fig. 3.1, we imaged and compared unstained human
pancreatic (Fig. 6.3) and tonsil tissue (Fig. 6.4) sections to adjacent H&E stained sections
(Fig. 6.3(a) and Fig. 6.4(a)). The tissue sections were first imaged with a 266 nm excita-
tion wavelength (Fig. 6.3(b) and Fig. 6.4(b)) followed by a 532 nm excitation wavelength
(Fig. 6.3(c) and Fig. 6.4(c)). The 266 nm and 532 nm images were then superimposed as
shown in Fig. 6.3(d) and Fig. 6.4(d) emulating contrast from an H&E colour map.
The contrast provided in Fig. 6.3(b) and Fig. 6.4(b) image highlights the optical ab-
sorption of DNA at 266 nm. As a result, cellular morphology and bulk tissue structure
are distinguishable in reference to the H&E prepared section. The areas corresponding to
hemoglobin (blue outlines in Fig. 6.3 and Fig. 6.4) lack signal in the cells presumed to be
Figure 6.2: (a) high-resolution H&E image of human epidermal tissue (b) high-resolution PARS image
with a 266 nm excitation of an adjacent section. Color bar represents normalized PARS signal. Scale bar
10 µm.
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Figure 6.3: (a) A standard H&E stained slide of a blood vessel (blue outline) within human pancreatic
tissue imaged with a conventional brightfield microscope. (b) An adjacent unstained slide of the same
specimen imaged with 266 nm excitation and (c) with 532 nm excitation. (d) A superimposed image of
(b) and (c) with a histology-like colormap, DNA is colored purple, hemoglobin is colored red. Scale bar
100 µm.
erythrocytes, since they are anuclear and do not have DNA to strongly absorb the 266
nm excitation. Similarly, 532 nm excitation images shown in Fig. 6.3(c) and Fig. 6.4(c)
presents hemoglobin contrast as comparable to their corresponding H&E prepared section.
The blood vessel as outlined in Fig. 6.3(d) can be identified in comparison to the H&E
prepared section in Fig. 6.3(a). The 266 nm signal (Fig. 6.3(b)) also shows other nucle-
ated cells of blood in the vessel lumen, such as leukocytes, that are clearly evident in the
background of the 532 nm signal from erythrocytes (Fig. 6.3(c)). The PARS-imaged sig-
nals from erythrocytes and nucleated cells of blood correspond well with the H&E image
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Figure 6.4: (a) A standard H&E stained slide of venules (blue outline) embedded within a human tonsil
tissue imaged with a conventional brightfield microscope. (b) An adjacent unstained slide of the same
specimen imaged with 266 nm excitation and (c) with 532 nm excitation. (d) A superimposed image of
(b) and (c) with a histology-like colormap, DNA is colored purple, hemoglobin is colored red. Scale bar
100 µm.
(Fig. 6.3(a)), and (Fig. 6.3(d)) suggest an enhanced ability of PARS to identify these nucle-
ated cells amongst the population of erythrocytes. Similarly, the hemoglobin highlighted
by the 532 nm excitation (Fig. 6.4(c)) in the tonsil tissue is comparable to the location of
erythrocytes in Fig. 6.4(a). Although hemoglobin and DNA are assumed to be the primary
absorbers at the excitation wavelengths, other chromophores such as cytochrome and colla-
gen will produce non-zero signals at these same wavelengths. However, their contributions
are considered to be negligible.
Nuclear density, morphology, and organization are critical identifiers which are com-
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monly used to diagnose tissue samples. For example, the nucleus is the best cellular sub-
unit to identify a cell. Semi-quantitative measurements such as the “nucleus/cytoplasm”
ratio (N/C) are used in order to identify malignant versus healthy cells, as malignant cells
are biologically more aggressive and therefore tend to have a larger nucleus and smaller cy-
toplasm. As we demonstrate PARS is capable of imaging targeted chromophores in human
tissues with a multi-wavelength excitation design, additional excitation wavelengths may
be added to image additional chromophores. A 422 nm excitation wavelength has previ-
ously shown efficacious visualization of the cytoplasm, emulating an eosin-like stain [27].
Furthermore, an 1197 nm excitation wavelength has been previously used to image adi-
pose tissue which is otherwise lost during the extensive H&E staining process [146]. These
features can be useful in distinguishing among different tissue types and are some of the
important histopathologic features that distinguish normal tissue from cancerous tissue.
The contrast delivered by multi-wavelength excitation PARS permits regions of cancer to
be identified even if they are macroscopically indistinguishable from benign tissue, which




This research sought to take preliminary steps towards an in-situ imaging technique. These
preliminary steps involved imaging a variety of thin and thick human tissues using PARS
microscopy. Adjacent H&E stained sections were prepared and compared against the PARS
images. These comparisons demonstrated good concordance between the two modalities.
In particular, the non-contact label-free reflection-mode imaging of FFPE tissue blocks
represents a vital step towards an in-situ histology microscope. This work resulted in four
key contributions toward our overarching goal.
The first contribution, described in Chapter 3, is a rapid gross assessment method
was developed to scan arbitrarily sized samples. This technique was based on assembling
mosaics by capturing tightly sampled patches by optical scanning. A set of mechanical
stages permits the capture of these patches in a grid-like pattern. These individual frames
are then assembled into a mosaic to yield wide field of views. The acquisition of mosaics
results in a method that can scan arbitrarily sized specimens but maintain the high spatial
sampling required for high-resolution imaging. Multiple results demonstrated the speed,
tight spatial sampling, and FOV capabilities of the technique. The largest mosaic captured
consisted of 400 patches and covered an area of 3 x 3 mm2. The optical scanning resulted
in an average step size of 570 nm. Mosaics of human breast tissue were also captured to
demonstrate the technique’s efficacy. This mosaic consisted of 100 frames and covered an
area of 1 x 1 mm2. In terms of speed, this method reported twice as fast acquisition rates
over similar previous approaches. Since this technique minimizes the stage movement, it
potentially allows for the scanning optics to be mounted on top of the stages. This would
allow the scanning optics to be moved rather than the sample. Such a configuration may
prove advantageous for in-situ imaging as the mechanical stages can move the scanning
optics over a diseased region and capture high-resolution mosaics over arbitrary sized FOV.
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Similarly, the system can also be programmed to image only over the cancer margins rather
than the whole tumor to save valuable time during surgery. This would result in a mosaic
with several blank frames, but the cancer margins would be clearly visualized in-situ.
The second contribution, discussed in section 4.1.3, came in the form of a real-time
imaging system. The central development in this study was the implementation of a
lightweight image reconstruction method. Recognizing that positional information signals
were relatively noisy and did not provide 64-bit floating precision, the proposed method
rounded off the signals to 16-bit integers. The rounding off effectively binned nearby points
and were subsequently averaged together. This interpolation provided a live display with
a 1.2 µm resolution and 62 dB peak SNR. The 1.2 µm resolution is, as far as the author
is aware, the highest reported resolution for a real-time photoacoustic imaging system.
This technique demonstrated frame rates as high as 2.5 Hz at a repetition rate of 600
kHz. At this repetition rate, the fast optical axis frequency was 960 Hz, close to their
maximum rating of 1 kHz. Achieving higher frame rates will, therefore, require a set
of faster scanning optics, such as MEMS mirrors or polygon mirrors. Real-time in-vivo
imaging of microvasculature structures on mouse-ear demonstrated the method’s efficacy.
This method worked in 2D. By incorporating a motorized depth stage, multiple 2D slices
were captured along the depth of the sample. These 2D were then used to form 3D volumes
in-vivo. These results represent the first 3D volumes with PARS.
Chapter 5 describes the third contribution of this study, the development of a PARS
system to image histology samples. This system used a 266 nm excitation laser to target the
ultraviolet optical absorption peak of DNA. Through this, the sample nuclear morphology
was recovered. A variety of human tissue samples were imaged, including human breast,
gastrointestinal, and skin. The study investigated imaging unstained tissue slides as well as
thick FFPE tissue blocks. These images were compared qualitatively against H&E stained
adjacent sections demonstrated good agreement of the nuclear morphology. Further, a
quantitative comparison between PARS and H&E images measured various diagnostic
metrics and showed good agreement between the two modalities.
The final contribution was of a multi-wavelength PARS system to selectively image
chromophores. The optical system is described in section 3.2.1 and histology-like results
are demonstrated in section 6.2. The motivation was to approach the diagnostic poten-
tial of H&E staining, which stains collagen, hemoglobin, and cytochrome in addition to
the cell nuclei. A 532 nm laser was incorporated to target hemoglobin contrast and en-
abled the imaging of red blood cells, previously not visualized with the 266 nm excitation.
This system thus produced multicolor micrographs and visualized nuclear morphology and
hemoglobin contrast. The system imaged unstained human pancreas and tonsil tissue,
which were compared with H&E stained counterparts for validation of contrast. This
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method was the first multi-wavelength PARS microscope.
These steps represent a significant step towards an in-situ imaging technique. Though
not part of this thesis, PARS has already demonstrated H&E-like imaging by targeting the
420 nm optical absorption peak of cytoplasm. These new images are much closer to H&E
in contrast and provide similar diagnostic information. Furthermore, circumventing the
histologic tissue processing entirely, PARS has demonstrated H&E-like contrast directly
on unprocessed thick tissues from mice. This positions PARS as a powerful tool for in-
traoperative morphological assessment. We summarize the imaging capabilities and key
metrics of PARS and other modalities in Table 7.1.
7.1 Future work
Nevertheless, considerable work remains to be done. Video-like frame rates can be achieved
by using a significantly faster laser, scanning optics, and by implementing the presently
CPU-bound interpolation onto a GPU. Additionally, the present work of imaging fresh
tissues must be extended to human fresh tissues. In-vivo imaging of tissue morphology,
specially of tumors, would also lay the essential groundwork towards a human in-situ mi-
croscope. Moving forward, clinical sensitivity studies would be vital for understand the
technique’s diagnostic potential. Finally, similar to the inclusion of hemoglobin contrast,
PARS can be extended to include lipid contrast, pushing it beyond what the gold stan-
dard H&E provides in terms of diagnostic information. These advancements, combined
with the non-contact label-free reflection-mode architecture of PARS, may one day yield a
microscope capable of revealing cancer in-situ. Such a tool would be a powerful addition
to modern medicine’s arsenal of imaging technologies.
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MUSE Fluorescence ∼ 1000 [20] < 0.05 mm
[20]
Yes No Yes Yes[19] No1 Yes [19] No
LSM Fluorescence 2000 – 3000 [21] < 0.2 mm
[147]
Yes No Yes No No1 Yes [21] No
SRS Molecular Vibration < 500 [23] < 0.1 mm [42] Yes Yes Yes Yes [23] No No 2 No
OCT Optical Scattering ∼ 10000 [66, 148] 2–3 mm [149] Yes Yes No Yes Yes Yes Yes
UV-PAM Optical Absorption 700 – 1200 [25] < 1.0 mm
[150]
No Yes Yes Yes[26]3 Yes[151]3 Yes [25]3 No
PARS Optical Absorption 400 – 700 [152] < 1.2 mm [10] Yes Yes Yes Yes[153] Yes[153] Yes4 Yes
1 Requires the deparaffinization of FFPE Tissue Block to apply fluorescence stains. This process destroys the tissue block.
2 Requires tissue to be squeezed into a thin specimen, typically 120 µm in thickness.
3 Requires samples to be submerged in water.
4 Demonstrated in “Reflection-mode virtual histology using photoacoustic remote sensing microscopy”. This study has been submitted to a
journal but not published as of this writing.
Table 7.1: Comparison of key parameters of various modalities
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